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Recent trends in technology have enabled an increase in the number of 
energy efficient solutions for wearable robotic assistive devices such as 
exoskeletons and active orthotic devices. Current work on the development of 
more efficient actuators and portable power sources has provided promising 
results. However, new types of drives do not meet the level of effectiveness and 
robustness required for successful implementation in these assistive devices.  
This thesis proposes novel control methods to improve power efficiency and 
control quality in wearable robotic assistive devices with electric actuators. The 
focus of this research is on the assistance of motion in lower extremities 
corresponding to the operator’s intention using electrical drives such as the DC 
motor. The proposed system utilizes electromyography (EMG) signals from the 
muscles as the main information of the operator’s intention. The EMG signals are 
picked up from the surface of skin on top of selected muscles and represent the 
activation of the observed muscle. A sophisticated processing algorithm has been 
proposed to evaluate these signals and to obtain information on the state of 
muscles and intended movement. In addition to bio-signals, the data from other 
sensors are acquired from assistive device to improve accuracy and efficiency. 
The improvement in power efficiency is done by switching between the motor 
and generator mode of work of actuator. In the regenerative mode, the device 
assists the muscles in performing negative work where the potential energy of the 
body is converted to kinetic energy. Thus, the energy is harvested from the user's 




 This thesis covers methods, hardware and software development followed 
by simulation and hardware tests. The results show consistent improvement in the 
energy efficiency for assistive devices with electric drive as well as improvement 
in real-time estimation of the user’s state and intention. Overall this thesis 
presents new hardware design and control methods leading towards the 
improvement of human-machine interface and power efficiency of wearable 
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Chapter 1  
Introduction 
 
The human body is a very complex and robust mechanism. This mechanism is 
created to perform tasks crucial for our daily activities. However, its strength, 
reliability and lifetime strongly depend on internal and external conditions. Thus, 
from the beginning of civilization, human has had an interest in machines that could 
assist him. In late 1940s, progress in technology became the driving force for 
designing the first fully autonomous machine named robot. This robot was intended to 
replace human in industrial environment where repetitive, precise and tedious tasks 
can be harmful for human body. Through time the concept of the robot gained in 
popularity and human started searching for other applications toward closer 
cooperation between robot and human. In the early 1960s, the concept of active 
assistive device in the form of powered robotic suit arose. Based on this concept, 
General Electric developed a human-amplifier named Hardiman [1]. The Hardiman 
was designed for military purposes as a first active assistive device under the category 
of wearable robot. Efforts in development of wearable robots continued up to the 
present day, increasing the scope of applications meant for them.  
In recent years, several companies and universities have developed prototypes 
or even pre-production version of such devices. These devices range from active 
orthotic devices designed to support only one joint up to full exoskeletons which can 
provide assistance to the whole body. Moreover, the research on active assistive 
devices spread from purely military purposes and human force amplification to 
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assistance for the limb motion of the elderly, disabled and workers in factory. 
Furthermore, these kinds of devices became widely used in medical applications 
especially in rehabilitation. Among the active assistive devices, those directly 
attached to the human limbs and mimicking motion of the human body are the most 
demanding for design and control. Numerous research have been conducted in this 
field to improve current technology and to make it applicable to our lives. The 
research focus is on improvement of portability and robustness of these devices. 
While the portability is directly related to the weight of the device and through the 
device efficiency to the power source durability, the robustness is linked to previous 
aspects as well as to human-machine interface effectiveness. The human-machine 
interface plays a key role in proper operation of the device. It allows the wearable 
robot to extract information on the user intention and to provide assistance 
accordingly. The intention can be obtained from the kinetics and kinematics of the 
human and from biomechanical signals of the body. Although extensive research 
work on removing current limitations in active assistive device has been done in the 
last few decades, there is still room for further development. 
In the subsequent sections of this chapter, a short introduction to wearable 
robots actuation, human-machine interfaces and research objective will be presented. 
In the next chapter, the review of related work will shed more light on the current 




1.1 Assistive Device Actuation  
 
In active assistive devices, one of the key factors deciding the portability is the 
type of actuation. The drives can be divided into four main groups: pneumatic, 
hydraulic, electric and other emerging actuator technologies. Each group has its 
advantages and disadvantages. Currently, the most widely used are electric and 
hydraulic drives, due to their power to weight ratio, efficiency and ease of 
implementation. However, selection of the actuation type for wearable robot with 
portable power source should incorporate considerations not only on power to weight 
ratio and drive efficiency, but also power density, back-drivability, energy supply 
system and bandwidth of actuator and its drive.      
Although drive selection plays a key role in power efficiency of the assistive 
device, there is little focus on it in current studies. Different approaches to actuation 
systems in active assistive technology presented to date do not shed much light on 
energy efficiency problems. Thus, it is important to present some considerations on 
drive selection and the reasoning behind it.   
The first group of actuation systems used in some assistive robots is pneumatic 
[2]. This type of actuation has a well-established theoretical and practical background. 
Moreover it ensures easy access to commercially available solutions. Another 
beneficial feature of this group of actuators is possibility of implementation of direct 
force/torque control scheme throughout direct control of supply air flow and pressure. 
This feature is particularly useful in wearable robotics due to the fact that all the joints 
in the human are controlled based on force/torque control schemes and feedbacks 
rather than position control. However, when considering its applicability to portable 
assistive device, the pneumatic actuation is losing its edge. The first drawback of this 
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type of actuation is in its power supply source. The actuation system must be 
connected to an air compressor being supplied energy by some form of combustion or 
electric motor. This requirement significantly decreases the efficiency of the system 
and increases complexity as well as its weight. In addition, this type of actuator has 
limited bandwidth.  
The second group worth consideration as assistive device actuators is 
hydraulic. This group of actuators can be characterized by high power density and 
high power efficiency of over ninety percent [3]. This high efficiency level is 
common for rotational and linear hydraulic actuators. Based on human anatomy, one 
can see that all the human bio-actuators exist as linear actuators. This fact may lead to 
the design of assistive device with linear actuation as a propulsion system. However, 
for more compact and ergonomic design, rotational actuators located directly at the 
actuated joint may offer better alternative. Rotational hydraulic actuators like axial 
plunger motors have one of the highest efficiency among hydraulic rotational 
actuators. The shortcomings of this type of actuator are in its limited speed range, 
complexity and bulky design. For applications requiring high starting torque, radial 
piston motors may have advantage over previous type of hydraulic motor. Both types 
could be taken into consideration during wearable robot design. In addition, single 
hydraulic cylinder may offer very effective actuation solution for design with linear 
actuators. The system employing this type of actuator may result in very simple and 
efficient design. However, this kind of design may suffer from limited range of 
motion at the actuated joints.   
Conceptually a hydraulic motor should be interchangeable with a hydraulic 
pump. This feature is especially important if the design of wearable robot incorporate 
back-drivability of joints and reversibility of energy flow within the human-assistive 
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device system. In physical implementation however, this important feature is not 
present. The hydraulic motors are usually designed for working pressure at both sides 
of the motor. Another problem related to this type of actuators is in the necessity for 
constant control of pressure of supplied hydraulic fluid.  Similar to pneumatic type of 
actuators, this type of actuation for assistive device implementation requires 
combustion or electric energy source. This is a major weakness and an obstacle for 
hydraulic actuation system employment. Another problem may arise from weight and 
complexity of design of supply piping and valves. The pipes must sustain high 
pressure and be flexible at the joints and the valves cannot introduce any significant 
delays. All these drawbacks have significant influence on weight to power ratio and 
power efficiency of assistive device with this type of actuation.  
The electric actuators are characterized by high efficiency of over ninety 
percent [3], high power density and high bandwidth. Furthermore, this group offers 
broad range of over the shelf solution suited for assistive device. They offer easy 
implementation in systems which require back-drivability and high starting torque. 
The drawback of this type of actuation system is the insufficiently high output torque, 
even for direct drive motors. Thus, the system with electric motors requires some 
gearhead transmission, to ensure sufficiently high output torque level. This 
transmission decreases the efficiency of the assistive device. Despite of this fact, they 
may be still the most energy efficient solution due to their requirements for electric 
power source and energy transmission without the need for low efficiency energy 
conversion. The system equipped with electric actuators can be directly supplied from 
battery. This may ensure overall high efficiency of the active assistive device. In 
addition, the electric motor can be easily used as a generator, supplying energy to the 
battery and other subsystems of assistive device. 
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 The last group of actuators worth paying attention to is new emerging actuator 
technologies like Electroactive Polymer (EAP) [4] and Shape Memory Alloy (SMA) 
[5]. This group may become very important for next generations of wearable robots. 
Both EAP and SMA, similar to electric motors, offer very efficient methods for 
delivering energy to the drive due to fact that both these types are powered directly by 
electric power source. However, there are some significant disadvantages related to 
these emerging technologies. They suffer from relatively slow response and low 
efficiency. Furthermore, these technologies are not sufficiently mature to offer high 
power density and sufficient robustness for current applications.       
From this short introduction to actuation system, it can be seen that the electric 
drive has the most potential as an actuator in energy efficient assistive device. Thus, 
the focus of this study is limited to electric actuators and control methods related to 
them. The results of this study should have significant impact on power efficiency of 
assistive devices with electric drives. Moreover, they may shed light on drive 
selection with emphasis on improvement of energy efficiency of selected drive. The 
proposed methods should improve power efficiency and usability of wearable robots 
in broad spectrum of applications, from assistance in movements for elderly and 
disabled to assistance for healthy people during their daily activities providing active 
help during everyday tasks and rehabilitation process in hospitals as well as at home.  
 
1.2 Human to Assistive Device Interface 
 
The physical interaction between the wearable robot and the human cannot 
utilize the standard approach to human-robot interface. In the past, the human and the 
robot were working as separate entities and the human-machine interfaces were 
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designed mainly as a remote indirect interaction interfaces. In new robotics 
technologies, involvement of robots in direct cooperation with human and human 
environment enforced development of new types of human-robot interfaces (HRI) 
allowing more intuitive collaboration between them. The base for this collaboration 
and creation of new more intuitive and user friendly HRI’s is a cognitive process. 
This cognitive process is present in humans and may be included at the robot end too. 
It allows the human to formulate problems, execute tasks and adjust their parameters 
continuously. This cognitive process includes reasoning, planning and execution, 
consenting direct amendment of human behavior in human-robot interactions. Thanks 
to this cognitive process, human can easily use a variety of human-machine interfaces 
with little or no effort. The interfaces like keyboard, joystick or gesture recognition 
are widely used in robotics. However, they may not be optimal for some applications 
especially for wearable robotics where direct interaction between the human body and 
the robot raises demand for more intuitive and more direct feedbacks from human 
body. Thus, new trends in HRI’s take advantage of cognitive process in conjunction 
with the natural control mechanisms of human body utilizing EEG pattern, EMG 
signals or kinetics of human body. These natural control mechanisms are optimized 
for human and appropriately used in HRI’s may provide ways to minimize or even 
eliminate the delay of interface. Moreover, they provide more comprehensive 
information on the intention of the user and its state. HRI’s with EEG or EMG signals 
used as a feedback are suited for statics and dynamics. However, due to EEG signals 
complexity and quantity of information included in it, its usage is limited to systems 
with significant computational capabilities. On the other hand, EMG signal is less 
computationally demanding and offers more localized information. Thus, the focus of 
research presented in this thesis is mainly on development and evaluation of HRI 
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utilizing EMG signals. In addition, for improvement of HRI quality and stability, 
additional feedback utilizing kinetics concurrently with the bio-feedback is proposed.                       
 
1.3 Research Objectives 
 
The main aim of this research was to develop methods, algorithms and 
hardware of a novel energy efficient assistive device, with intuitive human-machine 
interface. In addition, the control methods and algorithms should be computationally 
efficient, reliable and ensure effortless implementation into embedded low power 
electronics. The specific objectives of this research were to: 
 Develop a mechanical structure of the assistive device which can be easily 
extended to multi-joint devices like exoskeleton. 
 Study kinetics, kinematics and power utilization during common human tasks. 
 Develop and implement user intention detection algorithms with muscle 
fatigue estimation based on electromyography signals analysis in time and frequency 
domains.     
 Develop embedded hardware motor controller for DC and AC drives allowing 
improvements in assistive device power efficiency. 
 Develop embedded human-machine interface with electromyography signals 
acquisition capabilities.  
 Develop and implement control algorithms which should be able to tolerate 
different types of actuators used in the device and improve its power efficiency. 
  Investigate the influence of proposed control algorithms and human-machine 
interface on power efficiency and behavior of the device. 
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The focus of this study was limited to energy efficient assistive device and 
control algorithms development for level ground walking, squatting and stair descent. 
These tasks covered the most important daily activities and the most common tasks 
for human active life.  
 
1.4 Thesis Contribution 
 
The project was divided into three main phases. The ﬁrst phase consisted of 
the identiﬁcation of speciﬁc human tasks commonly encountered in daily activities 
and energy consumption by human body to execute these tasks.  The information 
from this analysis is used as a base for development of enabling technologies and 
methods for improvements in energy efficiency of wearable robots. This part of the 
work focuses on the lower extremities with emphasis on knee joint. The biomechanics 
of human motion is analyzed based on biomechanical data available for human 
walking and simulations with model built based on human anatomical data. The 
analysis and results from this phase of work offers unique and significant background 
data for active assistive device hardware and software development. 
In the second phase, the human-machine interface for energy efficient active 
assistive devices was developed. This work introduced methods and algorithms which 
enabled intuitive real-time bio-feedback from the user to the device based on 
electromyography signals. The feedback included joint force/torque estimation and 
muscle fatigue estimation. The proposed methods and algorithms were suited for a 
variety of assistive technology implementations. The methods and supporting data 
were covering lower and upper extremities, allowing usage of proposed methods in 
prosthetic devices (i.e., designed to replace a missing bodily part) and orthotic 
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devices, (i.e., designed as an enhancement of functions or capabilities of existing 
bodily parts). In addition, the data collected during experiments on human subjects 
provided large scope of information on human bio-signals. 
The third phase of this project focused on energy efficient control methods 
development, human-machine system power constrains analysis, knee assistive device 
design and development, control methods and algorithms implementation and test on 
healthy human subjects. This phase of research resulted in the development of novel 
control methods, allowing significant improvement in assistive device energy 
efficiency. Moreover, the knee active assistive device hardware has been developed 
with unique distributed control architecture. The hardware includes mechanical 
structure of the assistive device for knee joint with electrical actuator and all 
electronic components of the system necessary for stand-alone implementation of 
assistive device with kinematic and bio-feedback from the user. All these components 
may be used as a reference design for variety of wearable robot implementations. The 
hardware and software solutions proposed in this phase of work ensure flexible 
solution and allow further implementation into multi-joint active assistive device 
without the necessity of electronic hardware and software modification.  
 
1.5 Thesis Outline  
 
The thesis outline is as follows:  
Chapter 2 covers the prior works done in assistive device field including 
various mechanical and control design approaches and human machine interfaces.  
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 Chapter 3 introduces the biomechanics of human body. Theoretical energy 
utilization by human body during level ground walking, stair descent and squatting is 
presented.    
Chapter 4 presents the work on human intention analysis based on bio-signals. 
Methods and algorithms are developed for intuitive human-wearable robot interface 
based on electromyography signal. The human muscle fatigue detection algorithms 
for static and dynamics are also presented with qualitative and quantitative results 
based on experiments with human volunteers.  
Chapter 5 presents the knee assistive device design, analysis and 
implementation. The design constraints governed by the human anatomy and safety 
issues are addressed. The hardware and software considerations to tackle power 
efficiency and wearable robot user safety are presented.    
Chapter 6 introduces the work on assistive device energy efficiency. 
Theoretical background, methods and algorithms with results are presented. This 
chapter tries to address energy issues of active assistive device through novel control 
methodology and its implementation. Hardware implementation results and 
performance discussion are covered.         





Chapter 2  
Literature Review 
 
This chapter introduces the related research activities on active assistive 
devices. The concepts and implementations of the mechanical design and control 
approaches in a variety of assistive applications which creates the foundation for 
emerging wearable robots technologies are shown. Finally, human-machine interfaces 
proposed for assistive devices are presented to provide an overview on variety of 
viable approaches suited for real time feedbacks on the user intention, and other 
potentially significant information on the user state. 
 
2.1 Assistive Device Research Activities 
 
The main function of an assistive device is the generation of supplementary 
forces to empower human limits [6]. The assistive devices can be classified according 
to many different criteria. For instance, based on their function they can be divided 
into empowering exoskeletons [7], orthotic robots [8] and prosthetic robots [9]. In 
addition to this classification, other divisions into passive assistive devices [10] and 
active assistive device including wearable robots can be done. The wearable robots 
are people oriented robots worn and controlled by the user. Their close interaction 
with the human implies physical and cognitive modalities [11]. Thus, in-depth 








Figure 2.1. State of the art exoskeltons. Berkeley Lower Extremity Exoskeleton (a), 
NTU load caring exoskeleton (b), Wearable Walking Helper (c), Power Assisting Suit 
(d), Hybrid Assistive Limb (HAL-3) (e), HAL-5 (f) 
 
The exoskeleton is a subset of wearable robot. Its distinctiveness is in direct 
kinematic chain mapping of the human limb anatomy. This compliance in kinematics 
plays a key role in ergonomic interface between the user and the wearable robot. The 
main function of exoskeleton is enhancement of human capabilities. The exoskeletons 
can be designed as lower extremities [12], arm [13-15], or full body assistive devices 
[16]. There are three main applications for full body and lower extremity 
exoskeletons, the assistance in load caring [17], the assistance in motion for people 
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with some disabilities and muscle weakness [18] and the assistance during 
rehabilitation process [19, 20]. Among the load caring exoskeletons the BLEEX 
project is the most recognizable and technologically advanced. During this project 
two prototypes of exoskeletons were created. Most of available data are related to the 
older prototype shown in Figure 2.1 (a). BLEEX structure consists of a metal skeleton 
of two lower extremities that holds a backpack. Each leg has 3 degrees of freedom, 
one at the hip, one at the knee, and one at the ankle joint. All actuators are hydraulic 
and are powered by a small fuel engine [17]. This system consists only of force 
sensors attached under the soles of both feet. There are no biological signal sensors to 
detect the intention of the operator. Furthermore, there are no other sensors between 
the operator and the exoskeleton. The control is designed to work purely based on 
interaction forces between the wearer and the device [21]. The controller is designed 
such that it can compensate for most of the weight and inertia of the exoskeleton [22, 
23]. Another approach to provide assistance in load carrying exoskeleton is presented 
in wearable robot proposed at the Nanyang Technological University in Singapore 
(Figure 2.1 (b)). Similarly to the previous designs, it is only a lower extremities 
exoskeleton. However, in this project the electric actuators (DC motors) in each leg 
have been used for actuation. The control of the device is designed to follow the 
trajectory of the operator’s legs with implemented concept of Zero Moment Point 
(ZMP) to improve the postural stability of the exoskeleton during the motion [24, 25]. 
The Wearable Walking Helper (Figure 2.1 (c)) is a lower extremity exoskeleton 
designed at the Tohoku University of Japan. The structure of the exoskeleton consists 
of three actuated joints in each leg. The hip and ankle joints are actuated using rotary 
actuators with DC motors and the ankle joint is actuated by long linear actuator 
connected to the hip and the ankle joints. This exoskeleton is designed to assist the 
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operator during walking and standing. The first presented control algorithm calculated 
assisting torques by a planar inverse kinematics model without taking into account 
joint's angular accelerations [26]. The system employs measurements of the hip, knee 
and ankle joints position. The assistance ratio is calculated to achieve a stable poses 
for movement. The next proposed control scheme was improved by introducing 
measurement of ground reaction forces [27] and further experiments were conducted 
for common daily activities like walking on the flat ground, walking on the stairs, 
standing up ,and sitting down tasks [28] to prove its effectiveness. 
Noteworthy full body exoskeleton was developed by researchers of the 
Kanagawa Institute of Technology, Japan. The Power Assisting Suit is designed to 
provide assistance to nursing personnel when handling patients [29, 30], as shown in 
Figure 2.1 (d). The suit weight is 30kg and the support of the operator is provided by 
pneumatic actuators at the elbows, waist and knee joints. The controller calculates the 
joint torques required to maintain a statically stable pose based on the model of device 
with the additional weight of the patient and measurements of angles at the joints. The 
weight of the patient is provided to the system based on the previous measurement 
[2].  
The Japanese University of Tsukuba and the Cyberdyne Systems Company 
jointly developed the Hybrid Assistive Leg (HAL). Currently it is an emerging 
commercial device design for rehabilitation and assistance to elderly and disabled 
people [31-33]. Research on this project started over 14 years ago. The two early 
prototypes are shown in Figure 2.1 (e), (f).   
 In the prototypes of HAL, all control components were customized to ensure 
mobility with DC motors used as actuators.  The HAL exoskeletons are controlled by 
EMG signals. Many different control approaches have been used during the course of 
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the project [34-37]. In addition to EMG signal to further improve the performance of 
the system, the dynamics model of the exoskeleton was introduced. The device was 
represented as an inverted pendulum with gravity, inertia, and viscous friction. A 
compensation term was added to the supporting torque to regulate the joint impedance 
[38, 39].  
For the presented above exoskeleton systems only the BLEEX design was 
supported by detailed power consumption analysis [40]. However, the solutions 
proposed in BLEEX are limited to load carrying exoskeletons with hydraulic drives.  
2.1.2 Orthotics and Prosthetics 
 
 
Figure 2.2. Active Orthosis: Powered Lower Limb (a), RoboKnee (b).  
 
Orthotic and prosthetics robots are a subgroup of wearable robots. They are 
designed mainly as a single actuated joint device with tight coupling to the human 
body. The prosthetic robots are designed to substitute for lost limbs after amputation. 
They are designed to recover some of the functionality of the lost limb [41, 42]. The 
interaction between the prosthetics robot and the human is limited. Thus, most of the 
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control approaches employs EMG signals in HRI [43, 44]. In contrast the orthotic 
devices have more interactions with human body through multiple attachment points 
(Figure 2.2 (b)). The main role of orthotic robots is in providing assistance at the joint 
level for rehabilitation process, to restore lost or weak functions and to increase 
human limb capabilities [11]. The interesting example of orthotic robot 
implementation is the powered lower limb orthosis developed at the University of 
Michigan (Figure 2.2 (a)).  The main objective of this device was to provide 
assistance during rehabilitation of people with neurological injuries. The device 
consists of a lightweight structure with pneumatic actuators. The active assistance is 
given to the patient at the knee and ankle joint allowing the movements in the sagittal 
plane. The controller, power source and data acquisition devices are not mounted on 
the device [45].  The control of the device may employ the foot switch mounted under 
the forefoot, maximally activating the pneumatic ankle flexor actuator when the 
forefoot touched the ground or more sophisticated mode utilizing EMG signals as a 
reference signal to the controller [46]. The activation of the pneumatic ankle was 
linearly dependent on the energy of EMG signal. Experiments have shown that people 
must adapt to the additional assisting torque. Due to usage of pneumatic actuators the 
system is not very efficient and portable. It requires heavy stationary compressor to 
supply the compressed air into the system [45].   
Another interesting implementation of lower limb assistive device is proposed 
by Yobotics Company in USA. The main goal of this device is in assisting in knee 
joint motion. The system consists of a series elastic actuator attached to the shank and 
thigh as shown in Figure 2.2 (b). This type of actuation utilizes elastic elements to 
store energy and to improve the drive effectiveness. However, efficiency of this 
solution can be questionable due to the additional weight introduced to the actuator 
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and lack of back-drivability. The control concept is based on maintaining statically 
stable poses for all movements. The knee joint torque is calculated using inverse 
dynamics of the RoboKnee model and information acquired on foot reaction forces 
[47]. This simple control approach is not very robust and for some types of 
movement, such as sitting or walking down stairs the operator works against the 
device.  
 
2.2 Human - Assistive Device Interface  
 
The human –assistive device interface can be defined as a hardware and 
software link connecting two entities [11]. These two entities create functional link 
which operates based on cognitive and physical interactions between the wearable 
robot and the human.  
2.2.1 Human-robot interaction 
Human-robot interaction can be one of the information sources on human 
intention. The interaction is created by a biomechanical link between the robot and the 
user with constant flow of energy between these two dissimilar systems. This flow of 
energy generates interaction forces which can be measured and employed into HRI 
for user intention analysis [48]. In [29] the direct measurement of muscle hardness is 
implemented for further use as a user intention analysis tool. However, these 
interactions are created as a result of human or robot motion, thus the user intention 
analysis is limited and may not be timely completed.  
The human-robot interaction is not limited to the physical interactions. The 
human cognitive process creates an additional indirect interaction which allows the 
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human to adjust to the assistive device behaviour [11]. Thus, other ways of interaction 
may be considered for HRI creating the feedback between the robot and the user 
relying on the adaptability of the human body to new interactions. The cognitive 
process enables the expansion of human-robot interfaces from contact and force based 
to more intuitive for the user bio-signals based feedback.  
2.2.2 Electromyography 
The bio-feedback from human has been widely studied [49-51] for possible 
applications in HRI. The main objective of these studies is to detect the intention of 
the user of the assistive device [52]. The main two sources of bio feedback are EMG 
signal from skeletal muscles [53] and Electroencephalography (EEG) signal from the 
brain waves [50].  
The skeletal muscles are the natural actuators for human. They play key roles 
in the propulsion of human body. EMG signal is one of the most informative sources 
for detecting the human intentions [54]. Since every human motion can be realized by 
muscular contraction which is controlled by the central nervous system, EMG signals 
could give information on the human’s intended motions. The main features of this 
signal useful for HRI are the force exerted by muscle [53] and the muscle fatigue 
level [55]. Methods for detecting user intention based on surface Electromyography 
(sEMG) signal can be used as a reliable non-invasive feedback to the assistive device 
[18]. The most common methods consist of sEMG signal analysis in the time domain 
[56]. More complex methods are incorporating biological models of muscles to obtain 
accurate and real-time human intention feedback [51].  
These methods may ensure intuitive and effortless control from the user’s 
perspective. However, they suffer from complexity of signal processing algorithms 
and may not be best suited for the assistive device with a portable power source. 
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Moreover, these systems require signals from multiple muscles, making the signal 
acquisition more complex and demanding. Thus, in this thesis, the HRI which 
incorporated sEMG signals as a source of information on human intention is 
investigated. 
Muscle fatigue 
Even with an external support from an assistive device, human muscles could 
be fatigued and the performance of human motion may be degraded dramatically after 
prolonged use of the assistive device.  
Muscle fatigue is the inability of muscles to keep a particular contraction force 
over time. It affects the muscle activities, the value of contraction force and sEMG 
signal significantly, if the muscle fibers have no time to rest. Thus, muscle fatigue 
plays a key role when sEMG signal is used in the feedback for HRI. The information 
on muscle fatigue may play an important role in the improvement of assistive device 
control and safety during prolonged usage of the device.  
The sEMG signal is proven to be a reliable tool to detect muscle fatigue by means of 
the change in signal amplitude and signal power spectrum. Piper [57] first reported 
that characteristics of EMG signal changes during static muscle contraction. Some 
studies of muscle fatigue based on the EMG signal have been limited to the signals 
collected only during constant contraction force [58, 59], where the fatigue feature 
extraction seems to be relatively easy. The commonly used methods for assessing 
muscle fatigue incorporate sEMG signal analysis in time and frequency domains [60-
62] by investigating changes in sEMG signals amplitude, power and power spectrum. 
Furthermore, the decreasing rate of mean or median frequency is one of the methods 
to indicate muscle fatigue levels [63].  
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In this thesis, static muscle contraction is defined as an isometric contraction 
with static predefined forces. The dynamic contraction is defined as a muscle 
contraction with varying muscle force and allowed slight change in the angle of the 
joints to which the muscle is attached. The pure static muscle contractions are not 
common in daily activities. Due to the changes in muscle length, muscle force, 
movement velocity and the location of electrodes, sEMG signals generated from 
muscles under dynamic contraction cannot be considered as a stationary process [64]. 
The usage of the traditional signal processing methods is not suitable for assessing 
muscle fatigue in dynamic contractions. Time-frequency analysis method, which 
includes Short-time Fourier Transform (STFT), Wigner-Ville Distribution (WVD), 
Choi-Williams Distribution (CWD) and Continuous Wavelet Transform (CWT), are 
applied to explore features of sEMG power spectrum to study muscle fatigue in 
dynamic conditions [65, 66]. The changes in mean or median frequency of the signal 
are introduced to determine the differences between non-fatigue and fatigue 
conditions. Employing these different time-frequency analysis methods to assess 
muscle fatigue during dynamic contractions may be sufficient for a variety of 
applications. STFT is employed to evaluate fatigue during cyclic dynamic 
contractions of quadriceps muscles and the slope of mean frequency peak value 
regression line is used as muscle fatigue indicator [63]. STFT is employed to be able 
to demonstrate a decreasing mean frequency of the power spectrum during the 
dynamic fatiguing contractions [67]. Another complex approach suited for muscle 
fatigue assessing in time-frequency domain is employing Chirplet transform [68]. All 
these fatigue detection methods are complex and difficult to implement for non-
clinical or non-laboratory environment. Thus, they may not be suited for assistive 
device implementation.  
 22 
 
Chapter 3  
Biomechanics of the Human Body 
 
The wearable robot is designed to work in proximity to human. Therefore, the 
human anatomy and biomechanics of human may be useful tools in the wearable 
robot design. The developmental work on hardware of the assistive device presented 
in this thesis focused on knee joint assistance. Thus, the scope of the biomechanical 
analysis of human presented in this chapter is limited to knee joint. The key 
parameters necessary for providing appropriate assistance to the user are power 
requirement, range of motion and torque requirement for typical daily activities. To 
investigate these parameters, the data from human motion with anatomical data can be 
acquired during typical activities e.g., walking on the ground, stair descending, 
squatting. These tasks have been selected based on the fact that they are representing 
the typical daily activities and they have the highest power and torque requirement 
(squatting task is the most power demanding). In addition to our analysis we are 
focusing on tasks which are related to the large changes in potential energy of human 
body for further evaluation of power dissipation by human and the possibility to assist 
human with concurrent energy harvesting.  
 Instead of direct measurement of the data from human body motion, the 
available data from biomechanical studies done by specialized laboratories are used 
for further key parameters analysis. In addition, for the squatting task due to lack of 
sufficient data available from other sources, the simulation has been designed to 
obtain the biomechanical data. The bioengineering data available from external 
sources are the Clinical Gait Analysis (CGA) data collected via some motion capture 
system correlated with ground reaction forces measurement. The data on human limb 
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motion and reaction forces acquired during this measurement together with the 
kinematics model of a human are further used to estimate joints torques and power. 
For our analysis the CGA data [69-72] is analyzed and modified such that the every 
task cycle is represented in percentage of gait instead of time. In addition the data is 
normalized to 75 kg of human weight which is the expected weight of the average 
assistive device user. All the data analysis is done only in sagittal plane (Figure 3.1) 
which is describing the posterior and anterior motion of the human. 
 
Figure 3.1. The human body in standard anatomical position with  




The knee is a very complex joint with combination of rolling and sliding motion. For 
this analysis the joint is analyzed with simplification to single DOF rotary joint. The 
sign convention for knee joint movement is selected such that the flexion is described 
by negative and extension by positive signs. The zero degree angle is assigned to the 
fully extended knee as shown in Figure 3.1.  
This chapter introduces only a portion of data selected that is crucial for the knee joint 
assistive device design with focus on improved energy efficiency.  
 
3.1 Level Ground Walking 
 
The knee joint due to its complex structure has the capability to lock itself at 
the full extension which may be an important factor for mechanical and control of 
assistive device design. The knee angle during level ground walking is shown in 
Figure 3.2. The knee angle secures its position to prepare for impact from of heel 
strike during transition from swing to stance. During this process and the stance phase 
the knee joint operates close to full extension. During the transition period between 
stance and swing phase the knee angle decreases creating the effective shorter length 
of the leg and allowing the foot to clear the ground. The largest range of motion can 
be observed during swing phase where knee flexes from around -70 and returns to 
almost full extension just before next transition period. The knee torque during level 
ground walking has both positive and negative values. The highest torque peak of 
above 60 Nm can be observed in early stance phase when the knee joint is supplying 
energy to the body to push it forward. The power analysis shows that the knee joint is 
dissipating large amount of energy during transition phase and part of the swing 
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phase. This negative power gives indication on the possibility to harvest energy 




Figure 3.2. CGA knee angles, torque and power during level ground walking at 
various speeds. 
 
3.2 Stair Descent  
 
The stair descent CGA data for knee joint angle, torque and power are 
presented in Figure 3.3. The knee angle secures its position to prepare for impact from 
a heel strike during transition from swing to stance in a slightly different manner 
compared to level ground walking. The knee joint operates at slightly flexed position 
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around -15. During the transition period between stance and swing phase the knee 
angle flexes decreasing the gap between the foot and the next step. The largest range 
of motion can be observed during stance to swing phase transition where knee flexes 
over -90. The knee torque during stair descent has only positive value. This is due to 
the constant need for support of the body weight against gravity The highest peak 
torque of above 100 Nm can be observed late in the stance phase when the knee joint 
is supplying energy to support body weight with high knee flexion level. The power 
analysis shows that the knee joint is dissipating energy for most of the gait cycle. 
Only during swing phase and small part of the stance phase does the power have a 
positive sign. The power peak reaches over -250W which gives large amount of 
energy to be dissipated over a fraction of gait cycle. This energy may be harvested 
and further reused assuming that appropriate mechanical (back-drivable) design and 
control algorithms are used. 
 
 





The motion in squatting task has some overlaps with the other tasks of sitting 
down and standing up. Moreover it requires the largest knee joint torque and power. 
Therefore, it is good starting point for further analysis and representation of maximum 
requirement for assistive device design. 
A simplified mathematical model of the human body has been designed to 
conduct the simulations on the system dynamics. The model contains revolute joints 
in accordance to the human anatomy. The number of DoF's is not directly associated 
with the anatomical structure. However it represents the spatial motion. The model is 
utilizing human anatomy data consisting of dimensions, inertia and mass distribution 
for each link according to the data obtained from US Army Research [33]. The 




Figure 3.4. Simulation based knee angle, power and torque during squatting.  
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The simulation starts from squat position with the knee angle around -110. 
The knee joint operates at large flexing and extending range, from 0 to -110, 
reaching full extension – standing position in around 55% of the cycle.. The knee 
torque value during extension movement reaches over 120Nm and falls down to 0 
when knee reaches full extension. During flexion movement the torque requirement is 
smaller reaching around 80Nm. This is due to motion in the direction of the gravity 
vector which results in the requirement for smaller support of the body weight. The 
power analysis shows that the knee joint is dissipating energy for half of the gait 
during knee flexion movement. The power has positive sign only during the knee 
extension phase (getting up). The peak power, in both directions of motion reaches 
magnitude over 350W. The power graph indicates that the energy may be harvested 




The above identification of the maximum range of motion, torque and power 
requirements for human with the weight of 75 kg has been presented. The knee joint 
dissipates significant amount of power during all presented tasks. However, the 
challenge in the idea of harvesting energy and assisting at the same time is in 
appropriate identification of the intended motion direction and the torque value for the 
given motion pattern. The presented results and analysis are a good base for assistive 




Chapter 4  
 
User Intention Analysis based on EMG signal 
 
Creation of intuitive and robust Human-Robot Interface (HRI) is a challenge. 
In order to detect user intention, appropriate type of human feedback must be 
selected. There are many different approaches and sources of information on human 
intention [73-75]. However, in this research we focus only on the development of 
methods and algorithms for electromyography (EMG) signal acquisition and analysis. 
A set of human intention and state analysis algorithms based on EMG signal analysis 
in time and frequency domains are proposed. Such algorithms are formalized to 
successfully control wearable robot using intuitive and real-time HRI and to ensure 
safety during robot operation.  
 
4.1 Preliminary Consideration 
 
Prior to the design of wearable robot interface, some preliminary consideration 
on HRI requirements and today’s hardware limitations must be done. The EMG signal 
available from the human body seems to be the most intuitive feedback source for 
assistive devices which provides assistance to the user at the joint level. There are two 
ways to acquire EMG signal from the human body. First, invasive method uses fine 
wire electrodes inserted deep into the muscle layer. The method may provide stronger 
EMG signal which is less prone to corruption by environmental noise. However, this 
method, due to its invasive character, is not applicable for assistive device technology. 
The second method is using skin surface electrodes.  This method is non-invasive and 
easily applicable for many groups of muscles. Besides the benefit of easy handling, 
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there are some minor limitations. The surface electromyography (sEMG) method can 
detect only signals from surface muscles and the signals have small amplitude of up to 
few millivolts. This creates the need for high amplification gain for sEMG signal 
acquisition which makes the interface less resistant to the environmental noise and 
motion artifacts. These limitations of sEMG method must be taken into consideration 
while designing HRI. The sEMG signal carry information on the intention of the 
user’s torque/force applied at the joint level. However, in human body there are more 
than one group of muscles involved in force/torque production for a single joint, e.g., 
biceps femoris and Semitendinosus both are responsible for the flexion of knee joint. 
Thus, the HRI hardware, the methods and the algorithms developed for intention 
analysis must be able to work with multi sEMG signal inputs.  Another, important 
factor for sEMG signal is the “extra” information on human body state carried within 
the signal. This information may be used by assistive device to improve assistance 
quality and better understanding of the user’s needs. Based on the above 
considerations, a set of requirements for intuitive HRI is proposed: 
 The interface must detect the intended force/torque at the joint. 
 The detection of the user intention must be done in real-time allowing the 
device to provide concurrent support to the user (maximum delay of 10ms) 
 Proposed methods and algorithms must not be computationally intensive so 
that low power microcontroller can be used by the HRI. 
 The interface must be safe for the user. 
 The user intention analysis methods must be suited for broad range of 
muscles.  




The following assumptions based on muscle mechanical properties (Figure 4.1 and  
Figure 4.2) for force/torque estimation are made: 
1. The methods will be optimized to work effectively in region B of the graph as 
shown in Figure 4.1 where muscles generate maximum active force. In the 
regions A when muscle fibers are shortened the output muscle force is 
generated only by active muscle fibers and the force magnitude significantly 
decreases. This situation happens only for near to maximum flexion of given 
joint. In region C the active force produced by the muscle fibers decreases 
with concurrent increase in passive force generated due to the presence of 
elastic components within a muscle. The muscle, stretched beyond a given 
length, produces an entirely passive force, which opposes lengthening. This 
force is beyond the interest of this study due to fact that it is not the intended 
force.  
 
2. In addition to nonlinearities of the force related to muscle length, the output 
muscle force is a function of muscle contraction velocity as shown in Figure 
4.2. It can be seen that, with an increase of muscle contraction velocity, the 
output muscle force decreases rapidly. However, from the assistive device 
perspective, the force intended by the user is not a function of joint velocity. 
The decrease in output force value due to increase in muscle contraction 
velocity is dictated only by muscle properties and its limitations. Therefore, 
the proposed methods for force/torque estimation based on sEMG signal will 






Figure 4.1. Three element Hill muscle model.   
 

























4.2 Basic Concept 
 
Development of methods and algorithms capable of extracting information 
from sEMG signal requires understanding of human muscles and the way of sEMG 
signal is generated. The smallest functional unit involved in neural control of muscles 
is called a Motor Unit and is shown in Figure 4.3. Every single Motor Unit controls a 
small number of muscle fibers. Under normal conditions, muscle contraction is 
controlled by the motor cortex. The control signal flows from brain through spinal 
cord reaching the motor neuron. The motor neuron is responsible for transmitting 
signals called Action Potentials (APs) to muscle fibers. The APs innervates many 
muscle fibers synchronously connected to one motor neuron. The activation of muscle 
fiber contraction is done only after APs flow through full length of muscle fiber. 
Thus, the delay between appearance of the APs at the motor nerve and contraction of 
the muscle fiber is not constant for all muscles. The muscle action potential lasts 
around 2–4 ms and the conduction velocity of the muscle fibers is roughly 5 m/s [76]. 
Thus, the longer muscles, due to the longer path for the APs, provide longer delay. A 
combination of a single motor neuron and muscle fibers connected to it creates a 
Motor Unit. Single muscle consists of many Motor Units with muscle fibers of 
different length and strength. The combination of APs of all the muscle fibers is 
called Motor Unit Action Potential (MUAP). The limited force range and limited 
duration of a single contraction for the Motor Unit compel a group of them to be 
activated in such a way that the resultant force can be maintained for long duration as 
presented in Figure 4.4. Skeletal muscles use two different activation patterns to vary 
output force value and to extend the duration of contraction. The first is the multiple 
recruitment strategy. Motor neuron excitation uses fixed given excitation order [77]. 
The smaller motor units, being more excitable comparing to the larger ones, are 
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excited first. With the increase of control signal, more motor units are excited 
including the larger ones. With the largest motor units having significantly higher 
contractile strength, the output force produced by muscle becomes progressively 
stronger. This concept known as the size principle, allows for a smooth control of 
muscle force during weak contraction and progressively larger when greater amounts 
of force is demanded. The second strategy is known as a frequency summation or 
temporal recruitment. The force exerted by the muscles is controlled by firing rates of 
the active motor neurons. The firing frequency increases with the increase in intended 
force. The neuromuscular control mechanisms employ different strategies to 
compensate for additional environmental variables e.g., change in ambient 
temperature and appearance of fatigue. The rationale behind these natural 
mechanisms can be found in many studies [78]. 
The two above mentioned muscle control strategies create background for 
understanding of signals sent to the muscles and their relationship with muscle 
behavior. The proposed HRI employs sEMG signal which is correlated with APs. The 
sEMG signal is a superposition of all MUAPs available at the skin surface. Thus, the 
sEMG signal is a function of intended muscle force and state of muscle e.g., fatigue, 
muscle fiber temperature.  
 
sEMG signal properties - The sEMG signal available at the skin surface has 
small amplitude of single millivolts and typically the signal frequency ranges from 6 
to 500 Hz [54] with the peak power of signal power spectrum located between 50 to 
150 Hz. The sEMG signal quality can be affected by: 
 Tissue characteristic – the tissue conductivity varies with thickness and 
type of tissue. 
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 Cross talks – the sEMG electrodes due to their size may detect signals 
not only from the muscle of interest but also from neighboring 
muscles. 
 Change in the muscle geometry – during contraction and movement, 
muscles change its location in respect to skin surface changing distance 
between electrodes and the sEMG signal source.  
 Noise – the sEMG signal has very small amplitude and is prone to be 
affected by noise. The noise source can be internal e.g., ECG signal, or 
external related to ambient and the data acquisition system.  
The above information is important for sEMG signal amplifier selection and 










Figure 4.4. Continuous contraction with multi-motor neuron excitation. 
 
The force/torque estimation methods proposed in this chapter are performed in 
time and frequency domains. The estimation methods are optimized for embedded 
system with limited computational power. Moreover, the methods are developed with 





















4.3 Time Domain Torque Estimator 
 
 
Figure 4.5. Force and raw sEMG signal correlation (biceps brachii experimental 
result). 
 
The time domain user intention estimator is operating based on the muscle 
activation pattern with the multiple recruitment strategy described in section 4.2. This 
strategy implies that the force produced by muscle is a function of amplitude and 
power of sEMG signal. The result shown in Figure 4.5 supports this theory. The 
correlation between the force exerted by muscle and the amplitude of sEMG signal is 
distinct and yields direct background for human intention analysis in time domain. 
The force/torque estimation method based on time domain envelope of power of 
sEMG signal was studied by researchers already in the past [51, 79, 80]. All these 
methods can be implemented into our HMI. However, in order to further improve and 
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minimize/eliminate the sEMG force estimation delays, we have proposed a new 
intention analysis method.  
 
 
Figure 4.6. Block diagram illustrating signal processing path for Force/Torque 
estimation from raw EMG signals in time domain. 
 
Figure 4.6 illustrates the proposed signal processing path for Force/Torque 
value estimation from raw sEMG signal. The pre-amplified and digitized sEMG 
signal is further processed by the embedded controller. The first step in digital signal 
processing is its band-pass filtering. The cut-off frequencies for this first stage 
filtering are selected such that movement artifacts and higher frequency signals not 
relating to the muscle activation are rejected from acquired sEMG signal. The 
movement artifacts are present in low frequency range of few to about twenty Hertz. 
They originate between the skin to electrodes and electrodes to amplifier interfaces 
[81]. The filter design at this low frequency band has to be done carefully to ensure 
high signal attenuation of frequency up to about twenty Hertz and pass the meaningful 
sEMG signal starting from about thirty Hertz. To ensure appropriate behavior of the 
filter for above conditions, the 4
th
 order band pass Bessel Infinite Impulse Response 
(IIR) symmetric filter with f1=35Hz and f2=650Hz cut-off frequencies is proposed. 
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The filter has a small group delay of 8.9ms for band pass frequencies. This type of 
filter has a maximally flat group delay and linear phase response. Moreover, Bessel 
filter is characterized by constant and controllable group delay across the entire 
passband. This feature helps to preserve the wave shape of filtered signals in the 
passband and allows easier choice of the overall signal delay introduced by the filter. 
In the next step, the signal is rectified by the following windowed RMS function. 
 
      √
 
 
∑    
 
     
 (4.1) 
 
The RMS function calculates the power of the signal for n samples that are 
acquired by the embedded system up to the current sample m. In the proposed HRI, 
the RMS value is calculated for any five new samples acquired with sampling 
frequency 2.5 KHz to achieve the refresh rate of the output signal equal to the 
maximum frequency in the sEMG power spectrum – 500 Hz. The next operation done 
on the signal is normalization to force/torque exerted at the Maximum Voluntary 
Contraction (MVC). The normalization ensures that signal processing method is 




    
    




After signal normalization, the signal is fed to the estimator for torque values 
estimation. The estimating function can be selected as a high order polynomial or 
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exponential function. The 3
rd
 order polynomial has been selected based on Matlab 
curve fitting toolbox as most optimal with small number of multiplications and 
additions which do not require complex operations by microcontroller core. The 
estimators have different coefficients for different groups of muscle. 
 
       
      
          (4.3) 
 
The coefficients for four different groups of muscles responsible for flexion and 
extension of elbow and knee joints are presented in Table 4.1. The selection of 
coefficients was done based on experimental method with three human subjects (one 
female and two males). The subjects were asked to perform contraction by ramping 
up value of the force for the four muscle groups as shown on Figure 4.5. The task was 
conducted three times and the average result was used to find coefficients. 
   
In next step, the estimated value of Torque is filtered by 4
th
 order low-pass 
Butterworth IIR symmetric filter with 9Hz cut-off frequency and group delay below 
7.4 ms for band pass frequencies. The output signal from the low-pass filter is a direct 
Table 4.1. Coefficients for torque estimator. 
 
Muscle Group 
P1 P2 P3 P4 
Biceps brachii 5.7103 -1.211103 93 -0.5 
Triceps brachii 3.887104 3.85103 2.04102 -0.9529 
Rectus femoris 3.96105 2.52104 5.33102 -1.24 




estimation of joint torque and may be used as a reference signal for control of the 
assistive device.  
The signal processing for proposed method is done with very small delay less 
than 60 ms. This delay value ensures the prompt delivery of the estimation of torque 
value before muscles starts its contraction [51, 54]. With this advanced information, 
the assistive device may deliver assistive force/torque concurrently to muscles.  
 
4.3.1 Experimental Results 
 
For experiments purpose, a force gauge equipped with handles for hand and 
leg was used as shown in Figure 4.7 to measure the torque exerted by human muscles 
at knee or elbow joints and correlate it with sEMG signal. With this experimental 
setup usage, trials with methods implemented into Real-Time HRI were conducted. 
The tests were conducted on two male subjects, aged 26 and 28 years, and one female 
subject aged 25 years, for a period over two years. For all the experiments only basic 
preparation of the skin surface was done using cleaning alcohol. The electrodes 
placement was done according to common standards [54]. The sEMG signal was 
acquired from the skin surface using passive electrodes connected to pre-amplifier. 
The signal from pre-amplifier was further amplified using customized amplifier with 
band-pass filter 8 Hz to 750 Hz. The signal was further digitized and digitally 
processed in real-time using Lecroy 44MXi oscilloscope.  
The protocol 
The volunteers were asked to perform fast contraction of a given group of 
muscles. The resulting muscle force and sEMG signals were measured using the 
experimental setup. The raw sEMG signal acquired during the trial was processed in 
real-time to deliver estimation of the joint force/torque. Figure 4.8 shows raw sEMG 
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signal, torque estimation and force exerted by biceps brachii. From this result, it can 
be seen that, the estimation of torque is leading the force produced by the muscles. 
The correlation coefficient between the estimated and exerted torque is 95.7%. In 
addition, the shape and peak values of estimation are closely following the muscle 
force with RMS error of torque value equal 11.9%. At the initial stage and right after 
the muscle contraction, some residual force estimation greater than zero can be 
observed. This is due to the trial setup, for which the forearm of subject is in vertical 
plane (perpendicular to floor plane) and muscles are exerting some small amount of 
force to keep it in this position. 
 
Figure 4.7. Experimental setup used to measure the torque exerted at knee or elbow 





Figure 4.8. Torque estimation from sEMG signals ( red - raw sEMG signal, blue - 
estimated torque value, green - reference torque value produced by muscles). 
 
Detailed performance statistics based on multiple experiments is shown in 
Table 4.2 and Figure 4.9. The results were calculated based on 54 dynamic 
contractions from three volunteers and four groups of muscles. For all experiments 
volunteers performed maximum voluntary contraction as a first task to ensure 
appropriate calibration of the HRI. The sampling rate for signal digitization was set to 
2.5 KS/s. The RMS shape error result shown in Table 4.2 indicates comparable 
performance of proposed torque estimation method for diversity of muscles with 
Table 4.2. RMS torque error for the test data sets for four groups of 
muscles. 
Muscle Group MEAN VALUE OF RMS TORQUE ERROR 
AND STANDARD DEVIATION 
Biceps brachii 0.12±0.05 
Triceps brachii 0.27±0.05 
Rectus femoris 0.22±0.04 




varying muscle properties e.g., muscle length, strength and function. The mean value 
of RMS torque error presented in column 2 should be acceptable for most assistive 
device applications.  
Another important factor measured from collected data is the time lag 
introduced by the HRI with the proposed estimator. The delay between appearance of 
APs and contraction of muscle is a function of muscle fibers length and provides 
important time gap for the HRI to estimate the intended torque. The proposed torque 
estimation method introduces very short delay for signal processing path resulting in 
the leading of the torque estimation over torque exerted by the muscles. This can be 
clearly seen in Figure 4.8. In order to calculate the time delay between the torque 
exerted by muscle and its estimation, the cross-correlation function has been used, 
 
 
                         ∑                  
 




Where, m is the acquired signal length, and n is the delay in samples.  
 The result of the statistical analysis of the leading time is shown in Figure 4.9. 
The mean value of leading time for all the groups of muscles is positive and gives 
over 10 ms time for assistive device to execute the torque command at the joint level. 
This time should be sufficient for variety of assistive devices to ensure on-time 
assistance provided at the joint. The comparison of estimation leading time for 
different groups of muscles shows that for biceps muscle the response of estimator 
may be slower than the response of muscle. Thus, it is possible that for some 
contractions, the assistive device will be working with a small delay in the range of a 
few milliseconds. This small delay is acceptable for most applications since the 
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assistance to the joint is provided in torque not position or velocity control mode. This 
means that the device will not be working against the user. However, for the given 
time delay, it temporarily provides smaller assistance.  
 
 


























Figure 4.10. Experimental results of sRMS signal mean frequency correlation to force 
exerted by biceps brachii muscle. (a) Ramping force normalized to MVC. (b) Mean 
frequency of sEMG signal power spectrum.   
 
The frequency domain user intention estimator is operating based on the 
frequency summation strategy principle for the muscle activation pattern described in 
section 4.2. This strategy implies that the force produced by muscle is a function of 
firing rate of motor neurons. The result shown on Figure 4.10 supports this theoretical 
frequency to force relationship. The correlation between the force exerted by muscle 
and the mean frequency of sEMG signal power spectrum is clearly noticeable giving 






Figure 4.11. Block diagram illustrating signal processing path for Force/Torque 
estimation in frequency domain from raw EMG signals. 
 
The frequency domain methods analysis of sEMG signal is commonly used in 
variety of bioengineering and clinical applications [82, 83]. All these methods are 
created to extract some significant features from sEMG signal which are useful in 
describing muscle state and classification of muscle activation. The method of 
torque/force estimation in frequency domain proposed in this chapter is designed and 
optimized for embedded systems with limited computational power analogously to 
previously presented torque estimating method in time domain. Figure 4.11 illustrates 
the proposed signal processing path for Force/Torque value estimation from raw 




The raw signal acquired by the embedded controller is first windowed using 
following von Hann windowing function.  
 
          (      
     
   
 ) (4.4) 
 
Where n is the sample number in the single window, M represents the width of 
the window in samples. The von Hann windowing is used to minimize spectral 
leakage phenomena in further analysis of the signal in frequency domain. The von 
Hann windowing should always be used with continuous signals, the reason is that the 
window shape introduces distortion to the shape of any fast transient. Thus, the 
window length and the sampling rate must be selected such that for acquired sEMG 
signal its whole power spectrum is covered within von Hann window. In the proposed 
method 30 Hz to 500Hz signal power spectrum should be covered. The signal x(n) is 
converted from time to frequency domain using Fast Fourier Transform (FFT) 
operating on windowed series of data.  
 
    ∑    
     
 
 
   
   
            (4.5) 
 
The PS(xn(t))(t,) contains the total power of input signal in the frequency interval 
from DC to the Nyquist frequency.  
 
                    






The sEMG signal power spectrum is further filtered to reject motion artifacts, 
noise and signals without correlation to muscle contractions. The band-pass filtering 
is achieved by using an “ideal” filter operating directly on frequency domain signal. 
The filtering is done by rejecting frequency bins from the signal power spectrum 
which does not contribute to the torque estimation.  
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 (4.7) 
 
The frequency bins in discrete form are defined as below.  
 
 













The frequency resolution of the power spectrum f is defined by the ratio of 
sampling frequency and the total number of samples N acquired for conversion.  
 






Based on this filtered power spectrum, the mean frequency is calculated.  
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The mean frequency calculation is optimized by the summation of intensity Ii 
of spectrum at bin i multiplied by the frequency of spectrum fi at bin i and summation 
of all intensities only for signal within the pass-band range z1 to z2.  
In the next stage the calculated mean frequency          is filtered using low-
pass filter to obtain smooth response. The selection of appropriate filter is complex 
due to discontinuities in the output signal range. The output signal does not cover full 
range of joint torque. Due to the rejection of frequencies below z1 the low values of 
forces generated by muscles will not be covered by this estimation method. In 
addition, this discontinuity in signal causes a problem of appropriate filter selection to 
achieve high joint torque to estimation correlation. Thus, the acquired sEMG signal 
shown in Figure 4.8 is used to select filter type and cut-off frequency. Two filter types 
are considered during selection process; The Butterworth filter due to its maximally 
flat frequency response for the pass-band and more linear phase response comparing 
to Chebyshev Type I/Type II and elliptic filters. The second is Bessel filter due to its 
flat group delay and linear phase response. The results of experiments for a single 
contraction with different cut-off frequencies for both filters are shown in Table 4.3 
and Table 4.4.  






15Hz -47.6 0.9687 
12.5Hz -42.2 0.9744 
10Hz -170 0.9823 
7.5Hz -19.4 0.9883 






Based on presented results Bessel filter with 7.5 Hz cut-off frequency was selected 
due to its highest torque to estimation correlation coefficient and faster response for 
this coefficient comparing to Butterworth filter.  
 Likewise in time domain method the next two signal processing stages contain 
signal to MVC normalization and force/torque estimator design based on polynomial 
shown in Equation (4.3)(4.2). The set of coefficients for estimation method based on 
frequency domain signal analysis is shown in Table 4.5.  
 
  






15Hz -47.4 0.9767 
12.5Hz -42 0.9812 
10Hz -185 0.9844 
7.5Hz -25.6 0.9890 
5Hz -13.2 0.9913 
2.5Hz 24.2 0.8998 
 
 
Table 4.5. Coefficients for torque estimator. 
Muscle Group 
P1 P2 P3 P4 
Biceps brachii 1.0110-6 2.0810-4 1.710-3 2.1810-3 
Triceps brachii 2.910-7 4.7910-5 2.9710-3 3.2910-1 
Rectus femoris 6.4510-4 1.1110-1 9.7110-1 0 




4.4.1 Experimental Results 
 
The performance of frequency domain estimator was tested using the set of 
data acquired for time domain estimator performance analysis. The sampling 
frequency selected for this set of experiments is 2.5 KHz. The window length N for 
FFT conversion is set to 1024 samples and the window length for windowing function 
M is set to 128 samples. The difference between N and M is filled with zeros. With 
this operation the averaging of the data done by FFT is done only for 51.2 ms time 
window with frequency resolution 2.44 Hz. The detailed performance statistics based 
on those experiments is shown in Table 4.6 and Figure 4.12. The RMS shape error 
result shown in Table 4.6 indicates slightly poorer estimator accuracy performance of 
proposed torque estimation method comparing to time domain method. The method 
performs significantly poorer for rectus femoris and biceps femoris muscle groups. 
The reason for this may be in higher probability of acquiring the data affected by 




Table 4.6. RMS torque error for the test data sets for four groups of 
muscles. 
Muscle Group 
Mean value of RMS torque error and 
standard deviation 
Biceps brachii 0.17±0.08 
Triceps brachii 0.15±0.02 
Rectus femoris 0.23±0.05 




The time lag introduced by the HRI with proposed frequency domain 
estimator has a negative value. The statistical analysis result shown in Figure 4.12 
proves that the estimation of torque is leading the torque produced by the muscles. 
The mean value of leading time for all the groups of muscles is positive and provides 
slightly over 20 ms time for assistive device to execute the torque command at the 
joint level. The results confirm that the length of muscle is correlated with the EMG 
signal to muscle force delay. Thus, for constant delay introduced by the proposed 
estimation method the leading time for longer muscles e.g., biceps femoris, rectus 
femoris is longer than the leading time for biceps brachii.  
 
 
Figure 4.12. Torque estimation to torque exerted at the joint leading time with 
standard deviation. 
 
The leading time for this frequency domain based estimator is superior over 
the time domain estimating method proposed in this chapter. The result for all tested 
groups of muscles is always showing leading of estimation over force exerted by 
muscles. However the method is more complex in its implementation and 


















4.5 Multi-muscles Human-Machine Interface  
 
The torque estimation methods presented in previous sections of this chapter 
are sufficient for assistive device user intention detection for a single muscle. 
However, to predict the intention of the user at the joint where more than one muscle 
may be involved in executing motion, the multi-muscles intention detection method 




Figure 4.13. Multi-muscles model of single joint.  
 
The simplified model presenting multi-muscles limb interaction for single 
joint with two muscles responsible for limb flexion and extension is shown in Figure 
4.13. We assumed that the single muscle is capable to exert only mono-directional 
force. During contraction muscles MG1 and MG2 are shrinking producing force FG1 
and FG2 respectively. Even for the same value of forces MG1 and MG2, each of them 
may result in different toque value due to the different geometry of the tendon 
attachment points creating the lever arm r1 and r2. The two groups of muscles produce 
interacting forces resulting in bi-directional torque  acting on the link l1. To estimate 
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the direction and the magnitude of this torque assessment on each of the muscles 
activation and state is done. For each muscle, the estimation of output torque from 
previous thesis sections may be used. With the estimated values of torque 1 and 2 for 
both muscles the assessment on muscle activation K1 and K2 based on thresholds 
THR1 and THR2 can be done using following method: 
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The toque estimation is normalized to MVC for each muscle. Thus, to 
calculate the normalized joint torque value for two muscle interface, the total toque  
should be normalized to maximum torque value available at this joint during MVC.  
We assume that 1max>2max then G1=1 and G2 is governed by following equation: 
 
    
     
     
  
 
With the given normalization gains G1, G2 and information on muscle activation K1, 
K2 the normalized joint torque can be calculated to obtain bidirectional estimation of 
the user intentions at joint.  
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4.5.1 Experimental Results 
 
To verify the performance of the proposed method for multi-muscles user 
intention estimation, we have conducted experiments on knee joint with signals 
acquired from biceps femoris and. rectus femoris. Those two muscles are responsible 
for flexion and extension of knee joint. The experimental setup used for this trial is 
presented in section 4.3.1.  
 During experiment the volunteer was asked to perform sinusoidal motion of 
the knee joint in standing position. The period of motion was selected such that 
muscles must perform fast dynamic contractions exerting significant amount of force. 
The result of the normalized torque estimation for rectus femoris is presented 
in Figure 4.14. As can be seen from this result, the torque estimation is falling to zero 
at the end of every single contraction. Moreover, the contractions are not repeatable 
during the whole experiment, resulting in contractions shape and amplitude variation. 
Similar estimation of joint torque was done for biceps femoris muscle as shown in 
Figure 4.15. The difference between the behavoiur of torque estimation for this 
muscle and the rectus femoris is worth noting. The estimation of the torque for biceps 
femoris is not falling to zero after every contraction. The presence of a small residual 
torque during breaks between the contractions may be attributed to this muscle 
involvement in locking the knee position during full knee extension to prevent from 
breaking knee joint.  
The two torque estimations for rectus femoris and biceps femoris are used to 
estimate the resulting torque at the knee joint. Figure 4.16 shows the torque exerted by 
muscles measured using force gauge and resulting estimated torque. The results 
indicate that the proposed multi-muscles interface is working correctly. The 
prediction is closely correlated with torque produced by muscles. Furthermore, the 
 57 
 
output torque prediction is deprived of any switching anomalies, showing smooth 
transient between two muscle torque estimations.   
 
Figure 4.14. Torque estimation for rectus femoris muscle. 
 
 
















































































Torque exerted at joint
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4.6 Muscle Fatigue Estimation 
 
Human muscles even with external assistance can fatigue and the performance 
of human may be degraded significantly. Thus, the information on muscle fatigue 
may be useful for improvement of assistive device control as well as for advanced 
warning to the user to ensure safety e.g., during rehabilitation or heavy object lifting.  
During sustained muscle contractions, typical changes in sEMG signal 
amplitude and power spectrum occur, such as an increase in sEMG signal power or a 
shift in the power spectrum towards lower frequencies [84]. Therefore, sEMG signals 
could be used not only for assistive device user intention analysis but also for 
assessing muscle fatigue. However, during dynamic muscle contractions, sEMG 
signal amplitude and power follow the muscle contraction as shown in Section 4.3. In 
addition the signal power spectrum varies according to the muscle contraction, as 
indicated in Section 4.4. These two features of sEMG signal introduce problem when 
muscle fatigue has to be evaluated.  
The approaches proposed to tackle fatigue detection based on sEMG signals 
[85] are suited for static and dynamic muscle contraction. Nevertheless, the definition 
of dynamic contraction in these researches is somehow limited. They are suitable for 
cyclic contractions or dynamic muscle contractions under slow contraction velocity. 
Those methods may not be suited for fatigue detection under typical daily muscle 
activity. Thus, we have proposed new indicative fatigue detection methods fitted for 









Figure 4.17. Block diagram illustrating signal processing for fatigue estimation based 
on sEMG signal. 
 
The Basic Fatigue Estimation (BFE) method presented in this chapter employs 
signal processing in time and frequency domains. The idea behind this method is in 
concurrent sEMG signal power analysis in time and frequency domain [80]. Both are 
affected by fatigue but through a positive coefficient for time domain and negative 
coefficient for frequency domain. Figure 4.17 illustrates the block diagram of signal 
processing method for fatigue information extraction from raw sEMG signal. The raw 
signal acquired from skin is first windowed (W) using von Hann windowing function 
Equation (4.4). The von Hann windowing likewise in frequency domain intention 
analysis method presented in Section 4.4 is used to minimize spectral leakage 
phenomena from further analysis of the signal in frequency domain. The signal is 
converted from time to frequency domain using Fast Fourier Transform (FFT) 
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Equation (4.5). The sEMG signal power spectrum is further band-pass filtered using 
Equation (4.7) to reject motion artifacts and signals not linked to muscle contractions. 
Based on the filtered power spectrum, the signal with limited bandwidth 30 Hz to 
500Hz is further processed in two paths. The first includes mean frequency 
calculation (MF) using Equation (4.8) and correlation function (MF/P*) describing 
relation between the mean frequency of filtered sEMG power spectrum and the power 
of filtered sEMG signal for muscle without fatigue. This correlation function is 
covering the full range of force produce by muscle up to MVC. For efficient 
implementation of this correlation function in embedded controller, the 3
th
 order 
polynomial Equation (4.3) with coefficients presented in Table 4.7 is selected as 
sufficient estimation of signal power based on filtered sEMG signal mean frequency. 
The output signal from correlation function is further filtered by a low-pass 4
th
 order 
Butterworth filter with 0.5Hz cut-off frequency. The filtering function smoothen the 
output signal P
*
 allowing direct comparison with signal power P from the second 
path. The output signal P
*
 is a function of force exerted by muscle and muscle fatigue.  
 
Table 4.7. Coefficients for signal power estimation based on mean 
frequency of sEMG signal. 
Muscle Group 
P1 P2 P3 P4 
Biceps brachii -3.8910-6 1.0310-3 -6.1910-2 1.08 
Triceps brachii -7.3610-8 11.6710-5 -1.5810-3 8.9810-3 
Rectus femoris 3.96105 -2.52104 5.33102 -1.23 




The fatigue level is affecting mean frequency of power spectrum [54] such 
that with the increase in the fatigue, there is a decrease of the mean frequency for a 
given value of muscle force. To decouple this information on fatigue from input 
signal power value, the second path calculates power of the signal from filtered power 
spectrum concurrently. 
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 To ensure appropriate signal bandwidth and delay for both paths, low-pass 4
th
 
order Butterworth filter with 0.5Hz cut-off frequency is included into second path. In 
the next step, signals from both paths are compared by dividing power P of signal 
power spectrum by power value P* calculated from mean frequency. The output 
value has to be further filtered due to different signal phase variation over time for 
both processing paths. Thus, to ensure higher stability of the output value, additional 
2
nd
 order Bessel filtering is applied with 0.1Hz cut-off frequency. Despite the slow 
response of muscle fatigue algorithm, the fatigue level can be treated as a real-time 
fatigue value due to slow appearance of the fatigue in human muscles. The output 
value has positive correlation with the fatigue and should not be significantly 
dependent from the input signal power. In the proposed fatigue detection system, the 
fatigue output is given as one of n levels with hysteresis. This setup improves stability 
and readability of the fatigue value indication. The change in the state of the output 
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The lvl is a discrete value of fatigue level, s(n) is an input signal to FLD for n-th input 
sample, stc lvl is a signal threshold value for given level of fatigue and  is a hysteresis 
value.  
The above method is designed to deliver indicative information on muscle 
fatigue with the fatigue levels not assigned to any quantifying values. This indicative 
information shows the trend of change in the muscle fatigue.  
 
4.6.2 Fatigue Estimator with Output Normalization 
 
 




The Basic Fatigue Estimator has some limitations. The output signal s(n) is 
not normalized. Thus to set the fatigue level thresholds, some prior action must be 
taken to evaluate maximum signal s(n) for the maximum allowed fatigue. To 
eliminate this problem Fatigue Estimator with Output Normalization (FEON) method 
is proposed. The FEON method is presented in Figure 4.18 employs additional signal 
normalization (SN) in both signal processing paths [85]. The first four stages of signal 
processing are identical with the BFE method. The next stage in frequency and time 
domain are low pass filters modified to 4
th
 order Bessel filter with 0.8 Hz cut-off 
frequency. The Bessel filter due to its maximally linear phase response and flat group 
delay has been selected as a more appropriate filtering solution for FEON method. 
The next signal processing step in both paths is signal normalization. The signal 
normalization may be done to MVC or maximum allowed value of the input sEMG 
signal mean frequency and signal power. Through normalization to smaller input 
signal range the method can cover applications where MVC cannot be exerted by 
muscles or cannot be appropriately identified. Signal in frequency domain path is 
further processed using mean frequency to power correlation function (MF/P*) based 
on the same polynomial Equation (4.3) and coefficients Table 4.7 as selected for BFE 
method from non-fatiguing muscle studies. The signals from both paths are compared 
by dividing power P of signal power spectrum by power value P* calculated from 
signal mean frequency. The result of this operation R has to be further filtered to 
remove signal spikes created due to slight difference in signals phase shifts for both 
signal processing paths. The filter selected for this stage is a low pass 2
nd
 order Bessel 
filter with 0.5Hz cut-off frequency. Normalization and further enhancement of 
stability of the output signal from FEON is achieved by introducing another signal 
ratio Q=P’/R’ in which the Q value is inversely proportional to fatigue and its range is 
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from given normalization value to zero. To generate stable estimate Q, additional low 
pass 2
nd
 order Bessel filter with 0.8Hz cut-off frequency for P is introduced. The 
output Q is further filtered by low pass 2
nd
 order Bessel filer with 0.2Hz cut-off 
frequency to smooth the output response and eliminate signal spikes. In the proposed 
FEON fatigue detection method analogously to BFE method the fatigue output is 
given as one of n levels with hysteresis. The change in state of the output level given 
by Fatigue Level Detector (FLD) is governed by following equation.  
 
 {
                                
                                 
 (4.12) 
 
The lvl is a discrete value of fatigue level, s(n) is an input signal to FLD for n-
th input sample, stc lvl is a signal threshold value for given level of fatigue and  is a 
hysteresis value. The lvl is an indicator for fatigue value with positive coefficient to 
muscle fatigue. The FEON method is designed to deliver indicative information on 
muscle fatigue and the fatigue levels are not assigned to any quantifying values.  
 
4.6.3 Experimental Results 
 
With the aim of evaluating the potential of proposed muscle fatigue detection 
methods a set of trails with two healthy subjects has been conducted consisting of 
static and dynamic contractions performed by two subjects (1 female, 1 male). During 
the experiments, sEMG signals were collected from the biceps brachii muscle group. 
The subjects were healthy and none of them have reported any ongoing 
musculoskeletal problems. To reduce the electrical impedance between the skin and 
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the electrodes, skin preparation by cleaning the skin with alcohol was undertaken 
before electrodes were attached to the skin. The measurement of sEMG signal and the 
exercises performed using experimental setup are presented in Section 4.3.1.  
Static contraction BFE method 
Figure 4.19 shows results of fatigue detection employing BFE method for static 
contraction analysis. During this isometric contraction trial, subject was asked to 
perform constant force contractions of their forearm while holding on to the setup’s 
handle. At the same time, the subjects have to maintain their force exerted by muscles 
at a constant value allowing for fast rise of fatigue without the appearance of 
involuntary contraction. In order to fulfill the above requirement, the value of 80 % 
MVC has been selected and the volunteers have been asked to keep it until they feel 
exhausted. When the proposed BFE method is applied to the sEMG signal generated 
during this static contraction trial, a decrease in MF and an increase in signal power P 
can be observed over the whole experiment period. Based on the polynomial 
relationship between Mean Frequency and P (from non-fatiguing muscle study), the 
estimated power P* has a slowly decreasing trend. With these changes in P and P* 
very distinct rise in signal level for P over P* ratio can be observed. These change in 
the P/P* is further transformed into fatigue levels showing clear rise in muscle fatigue 
over time.   
Static contraction FEON method 
The next experiment result for static contraction is presented in Figure 4.20. 
During this trial, subject was asked to perform constant force contractions of their 
forearm while holding on to the setup’s handle with additional short MVC performed 
every ten seconds to evaluate the fatigue detection method in respect to changes in 
MVC due to fatigue. The subject maintained the force exerted by muscles at a 
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constant value of 50 % MVC (without fatigue) until the MVC during exercise falls to 
the exerted force level. The sEMG signal for this experiment was evaluated by the 
FEON method. The signal processing by FEON method starts from 10
th
 second of the 
experiment after the triggering contraction and the first MVC presented on Figure 
4.20 (c). During whole experiment FEON method processes only signals between the 
MVC’s. The FEON output demonstrate the muscle fatigue level increase to the 3rd 
level and stays at this level until end of experiment and drop in MVC to 50%.  
 
Dynamic contraction FEON method 
Further tests are conducted on sEMG signal acquired from the dynamic 
contractions, the peak value of MF for each contraction shows a slow decrease over the 
whole trial period. The sEMG signal acquired during dynamic contraction, MF, P and 
P* from FEON method are shown in Figure 4.21. For the FEON method, the fatigue 
level rises up to the 4rd level in around 71 seconds with very smooth decreasing slope 
for Q filtered. The output fatigue detection result shows stable response without visible 
correlation with force exerted by muscles. 
 
FEON method applied on Ramping Force  
To further evaluate the influence of muscle force on fatigue level, sets of 
experiments with ramping force were conducted. The results presented in Figure 4.22 
and Figure 4.23 show increase of fatigue level estimation using FEON method for 
slowly rising and falling force exerted by biceps brachii muscle respectively. For the 
rising force, the fatigue level rises up to the 3rd level in around 7 seconds while the 
level reaches to 3rd in around 9 seconds when slowly falling force is exerted. 
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Moreover, the fatigue level jumps to the highest level at around 11 seconds only for a 
falling force exercise.  
The output fatigue detection results’ show no visible support for direct correlation 
of fatigue levels with force exerted by muscle. The results prove that the proposed 
FEON method indicates correctly the fatigue rise.  
 
Fatigue level quantification  
Based on the set of four experiments with static contraction and additional short 
MVC (exercise presented on Figure 4.20) conducted with two subjects we made 
attempt to quantify the fatigue levels for FEON method. The quantification is 
performed to MVC value, with the results presented in Table 4.8. The fatigue 
transition levels are shown in column one while the corresponding minimum fatigue 
value in reference to MVC is presented in column two. The results were extrapolated 
from MCV peaks exerted by volunteers during exercise for every transition in fatigue 
level signals.  
  
Table 4.8. Quantification of Fatigue levels. 
Fatigue 
 level transition  
MVC during fatigue tests in reference to 
MVC without fatigue [%] 
12 > 96  
23  > 90.5 





Figure 4.19.  Graphs illustrating BFE fatigue detection results with static force of 92N 
exerted by subject’s S1 biceps brachii muscle. Raw EMG signal (a), Mean Frequency 
(b), Power of sEMG signal (c), P/P* and detected discrete fatigue level with range 1 





Figure 4.20. Graphs illustrating FEON fatigue detection results with static force 
exerted by subject’s S2 biceps brachii muscle. The Q filtered and detected discrete 
fatigue level with range 1 to 4 where one means no fatigue and four is a significant 
level of fatigue (a), raw EMG signal (b), Force exerted by muscle (c). 
 
 
Figure 4.21. Graphs illustrating FEON method fatigue detection results with dynamic 
contraction from subject’s S2 biceps brachii muscle. Raw EMG signal (a), Mean 
Frequency (b), Power of sEMG signal(c), Q filtered and detected discrete fatigue level 
with range 1 to 4 where one means no fatigue and four is a significant  




Figure 4.22. Graphs illustrating FEON method fatigue detection results with slowly 
increasing force exerted by subject’s S2 biceps brachii muscle. Raw EMG signal (a), 
Force exerted by muscle (b), Q filtered and detected discrete fatigue level with range 
1 to 4 where one means no fatigue and four is a significant level of fatigue (c) 
 
 
Figure 4.23. Graphs illustrating FEON method fatigue detection results with slowly 






 Safety of the assistive device user is one of the most important issues, which 
should be addressed by the appropriate design of the Human Robot Interface (HRI). 
This design has to be supported by research providing strong proof for robust and 
flawless behavior of HRI. The safety of the HRI used in the feedback relies on the 
quality and robustness of methods used to acquire and process the bio–signals from 
the human body. The safety methods proposed in this Section are designed to work 
with typical hardware and signal processing methods incorporating sEMG signals in 
HRI feedback loop.  
The sEMG signal processing methods have been widely studied [81, 82, 86, 
87] however, the safety of these methods and their dependency from robustness of 
hardware interface hasn’t been addressed. The safety issues of HRI with sEMG 
feedback can be divided into two groups. The first, software dependent safety, which 
is related to signal processing methods and algorithms, their immunity to signal noise 
and appearance of short duration anomalies in the processed signal. The above issues 
may be addressed by appropriate software signal filtering or appropriate signal 
conditioning if nonlinear signal processing methods e.g., fuzzy-logic or neural-
network are used. The second group is associated with hardware layer and direct 
interface to human body interactions. The signal quality is reliant not only on 
interface hardware quality but also on skin preparation and environmental conditions. 
The last one from these variables is not controllable and may affect the usability of 
HRI with sEMG feedback significantly. During long usage of wearable robot the skin 
parameters and quality of electrical contact between the skin and electrodes may 
change rapidly. For instance, during extensive and heavy tasks or working in hot and 
humid environment, human body tends to sweat. This change in body surface 
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parameters influences the impedance of skin and adhesion of surface electrodes to 
skin surface. This process may cause disconnection of surface electrodes from skin 
which can result in uncontrollable behavior of assistive device. Thus, this issue should 
be tackled to safeguard appropriate and predictable interface functionality even for 
these exceptional cases.  
From the two sets of safety issues presented above the sEMG signal 
processing methods proposed in previous Sections should be sufficient to tackle 
software safety issues. However, the hardware issues should be addressed separately. 
Thus, the focus of this Section is on the development of methods allowing detection 
of discontinuity in sEMG signal acquisition.   
4.7.1 Interface Modeling 




Figure 4.24 Block diagram of sEMG signal acquisition hardware setup. 
   
To better understand the signal behavior for discontinuities and exceptional 
cases the model of sEMG interface hardware is proposed. The typical application of 
sEMG signals measurement is shown in Figure 4.24. The signal acquisition setup 
consists of sEMG electrodes connected to amplifiers and analog to digital converter. 
The model of the system is designed with special attention paid to analog path for 
signal including the behavior and the properties of sEMG signal source. The model 
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presented on Figure 4.25 includes the high impedance source of sEMG signal, 
differential amplifier and second stage amplifier with band pass filter. This model is 
sufficient to describe commonly used sEMG amplifiers with differential input and 
active or passive reference ground electrode. The sEMG amplifier has to amplify the 
EMG signal and reject signal artifacts. To fill up these requirements the amplifier 
setup consists of multiple amplifiers. In the first stage due to high skin impedance, 
low amplitude of sEMG signal typically on the single millivolts level and presence of 
noise and signal artifacts on the electrode attachment points the differential amplifier 
with high input impedance in the order of Mega ohms and high gain over thousand is 
used. The noise and signal artifacts are propagated in the human body reaching both 
electrodes with none or very small phase shift. This common mode signals have 
minimal influence on the quality of amplified sEMG signal due to the usage of 
differential amplifier. However, to guarantee this minimal influence of common mode 
signals into amplified output signal, the differential amplifier has to have sufficient 
Common Mode Reject Ratio (CMRR). For typical sEMG amplifiers require the 
CMRR value greater than 95 dB. In addition, the state of the art concepts of EMG 
[54, 88, 89] signal acquisition systems consist of sEMG pre-amplifier with differential 
amplifier build into the cables and is located few centimeters from electrodes or build 
into electrodes and second stage amplifier with filters located near to the A/D 
converter. The main idea behind this setup is the pre-amplification of low amplitude 
signals using a small gain of the order of a few hundreds, and transmit it further using 
low impedance cables which are less sensitive to noise and movement artifacts. The 
proposed model is representative for this type of sEMG amplifiers. The electric 
potentials Vp0, Vp1, Vp2 represent the signals present at the three electrodes attached to 
human body. The sEMG signal in differential mode is represented by two signal 
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sources UID1 and UID2 connected through the electrodes to the input of differential pre-
amplifier. All the input signals are in reference to common ground electrode 
represented by electric potential Vp1 and connected to common mode voltage source 
UIC. The differential pre-amplifier model includes differential mode gain GVD and 
common mode gain GVC. The pre-amplifier output signal UOD is further amplified and 
band-pass filtered using second stage non-inverting amplifier with GVH gain. Finally 
the output signal UO is the signal subjected to analog to digital conversion.  
 
 
Figure 4.25 Model of sEMG amplifier. 
 
The behavior of the signals for proposed sEMG signal amplifier model in the 
most general form can be described in time and frequency domains by 𝒱G(t) and 
𝒱G(f). The input voltage in time domain 𝒰IDn in the most general case can have any 
real value. Similarly for ideal amplifiers the output voltage 𝒰OD from pre-amplifier 
and second stage amplifier 𝒰O can reach any real value. The input signals in 
frequency domain covers full frequency power spectrum. The output signal after 





 𝒱     {                             }  
 
 𝒱     {                    } (4.13) 
 
The raw sEMG signal acquired from skin surface has limited amplitude and 
power spectrum. Thus, even with ideal amplifiers used in the signal path, the signal-
space 𝒱SEMG representing input and output signal spaces is limited in time and 
frequency domains. The input signal is limited to 𝒮t and 𝒮f in time and frequency 
domains respectively. For the real-time applications the sEMG raw signal amplitude 
is in the range of single millivolts and the frequency range of the signal power 
spectrum 𝒮f is limited to 500 Hz. However, the typical amplifiers have significantly 
higher bandwidth to ensure maximally flat gain range and minimal distortions for 
whole signal power spectrum 𝒢f. The amplitude of output signal from amplifiers is 
limited to 𝒢t for any input signal due to finite, limited supplying voltage. Thus, input 
signals exceeding signal range (𝒮t+) where  is the amplifier signal amplitude 
margin for design input range 𝒮t, is causing the output of the amplifier to be 
saturated.  
 
 𝒱        {     𝒮       𝒢      𝒮   𝒢 }  
 
 𝒱        {     𝒮       𝒢      𝒮   𝒢 } (4.14) 
 
In the typical HRI, the acquired and amplified signal is digitized and further 
processed using digital signal processing methods. The digitized signal space 𝒟SEMG 
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in frequency and time domain are limited due to limited input range and limited 
sampling rate of analog to digital converter. The result of A to D conversion 𝒰O is 
limited to finite range ℤm with m number of values representing input signal. The 
sampling rate of analog to digital converter has to be significantly, in most cases few 
times higher than highest significant frequency in input signal power spectrum to 
allow accurate and distortion less signal digitization.  
 
 𝒟        {   ℤ    ℤ     𝒢  }  
 
 𝒟        {             𝒢  } (4.15) 
 
With the above signal space description better understanding and modeling of 
input signals are necessary to build a complete model of sEMG signal amplifier 
behavior for exceptional cases. The electrode connected to the skin has electric 
potential Vpn governed by equation (4.16) at the n-point. We focus on case with two 
sEMG signal measurement electrodes and one ground reference electrode since this is 
the most common setup for sEMG signal measurements. For single electrode the 
charge present at the muscles is Qn and in the distance r from the electrode attachment 
point.  
 





The constant kc depends on electrode location. For electrodes tightly fixed to 
the skin, the absolute and relative permittivity 𝓔c is greater than for electrodes 
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disconnected from skin and floating in the air. This constant will change the value due 
to the skin preparation technics too.  
 
 
   
 




The difference in electric potential Vpn between any two electrodes creates 
high impedance voltage sources UIDn.  
 
                (4.18) 
 
The summation of voltage UIDn from these voltage sources creates input 
voltage UID of differential amplifier. The common mode voltage is not included in 
total input differential signal. This assumption is true for any sEMG signal amplifier 
only if the input electrodes and the cables connecting all the electrodes to pre-
amplifier are introducing negligible phase shift between three electrodes. In the 
system where the above assumption is validated, the value of common mode voltage 
source UIC is affecting both UID in the way that the sum of them is not affected. 
 
                        (4.19) 
 
However, the output voltage from pre-amplifier UOD may still be affected by common 
mode voltage. Thus, UIC has to be included in the model. The output signal from pre-
amplifier UOD is a function of differential input voltage UID with the gain GVD and the 




                              (4.20) 
 
The output signal from pre-amplifier is fed to the input of second stage 
amplifier. This amplifier is working in band-pass configuration. We know that the 
high-pass cut-off frequency for this amplifier is set to be much higher than maximum 
frequency of sEMG signal. Thus, for modeling purposes, we simplified the model to 
high-pass filter. The output signal UO is modeled as a derivative of input signal UOD 
with  constant representing the filter time constant.  
 
 
      





The equation (4.21) by applying equation (4.20) becomes, 
 
 
     





By applying equation (4.19) to equation (4.22) the differential input from three 
electrodes can be further modeled.  
 
 
        





The above model is descriptive for amplifier behavior for continuous sEMG 
acquired from electrodes. However, it is not sufficiently descriptive for detached 






        





With the given model and the signal space equation (4.14), the set of initial 
conditions is created. For the case when one of the signal electrodes will lose the 
contact with the skin, the conditions of input and output signals in time and frequency 
domain can be defined by:  
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(4.25) 
 
The input potential for the disconnected electrode will change the electric 
potential from V’Pn to V”Pn. This change in the value of input electric potential will be 
due to the change in the distance between the probe and the signal/charge source and 
the change in relative permittivity. In addition, the floating electrode is more prone to 
be affected by electrostatic and electric field from ambient due to its high input 





Figure 4.26. Simulation results of the output signal from the sEMG signal amplifier 
for temporary detachment of one of the signal electrodes. 
 
To understand the behavior of the output signal from sEMG amplifier for 
discontinuities we have conducted simulation using sEMG amplifier model with 
assumption that the maximum input sEMG signal amplitude is at half of the saturation 
amplitude for amplifiers. The electrode is disconnected after 150 ms and connected 
again to the sEMG signal source after 50 ms.  
 Based on the behavior of the output signal for input signal discontinuities, the 
Signal Discontinuities Detection method for sEMG amplifier output signal with signal 
threshold (SDDO-ST) is proposed.  The method utilizes fact that the disconnected 
electrode is introducing pulse which saturates the output of the amplifier. The 
proposed SDDO-ST method equation (4.26) is working based on output signal 
threshold w. If the modulus of sEMG signal is greater than the threshold, the SDDO-
ST output is set to 1 and the state is treated as a detected discontinuity in the signal.  
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The method is limited by the amplitude of sEMG signal from amplifier. For 
amplifiers where the amplified sEMG signal may reach saturation amplitude, the 
SDDO-ST method may give fake discontinuities reading. Thus, for this case new 
signal model is introduced: 
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(4.27) 
 
The simulation result with the amplifier response for the signal with the above signal 
definition is presented in Figure 4.27. The test signal amplitude is equal to the 
maximum output signal range for amplifier.   
 
Figure 4.27. Simulation results of the output signal from the sEMG signal amplifier 
for temporary detachment of one of the signal electrodes with signal amplitude 































For the signal presented in Figure 4.27 new method of SDDO is proposed. As 
can be seen from the graph, the pulse duration is short with very short rise time. This 
rise time is limited only by the bandwidth of amplifier. Since the high pass cut-off 
frequency of the amplifier is significantly higher than the highest frequencies of the 
sEMG signal power spectrum. The base frequency and the harmonics creating the 
pulse can be assumed to be in higher frequency range than sEMG signal. Thus, the 
method with Signal Derivation over Time (SDT) is proposed. Derivation of lower 
frequency signal will result with lower signal amplitude. Thus, the pulse present in 
signal during electrode detachment should have significantly higher amplitude.  The 
new method SDDO-SDT likewise SDDO-ST employs threshold w and hysteresis : 
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Another possible solution targeted for problem with sEMG signal amplitude 
reaching saturation level of amplifier may be in concurrent signal analysis in time and 
frequency domains. The proposed method is comparing modulus of sEMG signal 
amplitude with the sEMG signal Mean Frequency envelope P*filtered introduced in 
Section 4.5.1. This SDDO Signal Over Mean Frequency (SOMF) method requires the 
compared time domain signal to be shifted in time by  for the reason that the P*filtered 
introduces output signal phase shift. Similarly to the previous methods the SDDO-
SOMF is employing threshold value w to differentiate between the normal signal 
condition and the signal discontinuities. The output value of one is assigned for 
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4.7.2 Experimental Results 
 
The proposed SDDO methods have been tested with real sEMG signal 
collected from biceps brachii. The discontinuities in the signal were created by 
random detachment of one of the electrodes attached to the skin surface during 
contraction and relaxation of muscle. As seen in Figure 4.28, the sEMG signal 
behavior during electrodes detachment performs comparably to the modeled signal 
shown in Figure 4.26. 
The result shown on Figure 4.28 presents the raw sEMG signal with 
discontinuities and SDDO-ST method applied on this signal. The applied SDDO-ST 
method correctly detects the discontinuities in sEMG signal. The threshold and delta 
values for the presented results are set to 0.8 and 0.1 respectively and the saturation 
value for data acquisition system is 0.813. The appropriate behavior of SDDO-ST 
method can be seen for relaxed and contracted muscles.  
The results from SDDO-SDT method applied on sEMG signal with the peak 
of the signal reaching amplifier saturation is presented in Figure 4.29. The result 
shows that the method detects discontinuities in the sEMG signal. However, it may 
recognize signal artifacts with high amplitude reaching saturation as signal 
discontinuities. This can be seen in the Figure 4.29 at 5th second. Moreover, for this 
method some undetected signal discontinuities can be seen. 
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The results from Figure 4.30 indicate that SDDO-SOMF method works better 
than previous method with high amplitude signal artifacts. The SDDO-SOMF method 
is capable of detecting signal discontinuities. It can be seen that due to averaging of 
the signal in frequency domain the method is more prone to keep output state at one 
for longer time. Moreover, some miss detections of sEMG signal discontinuity are 
present at the SDDO output.  
 
 
Figure 4.28. sEMG signal acquired from biceps brachii and SDDO-ST method 





Figure 4.29. sEMG signal acquired from biceps brachii with signal amplitude 
reaching saturation value of the amplifier, the absolute value of derivative of the 




Figure 4.30. sEMG signal acquired from biceps brachii with signal amplitude 
reaching saturation value of the amplifier, the envelope of Mean Frequency of the 
sEMG signal, the absolute value of the sEMG signal over the signal Mean Frequency 




The performance of the all methods is presented in Table 4.9 and Table 4.10. 
The statistical data of SDDO-ST method shown in Table 4.9 are valid for the design 
of the amplifier where sEMG signal is not saturating the amplifier output. The SDDO-
ST method is fully successful in signal discontinuities detection. It does not suffer 
from any miss-detections as long as signal artifacts have amplitude kept at the sEMG 
signal level. The method provides short delay in signal anomalies detection. This 
delay is acceptable for assistive device technology.  
 Table 4.10 shows the performance of SDDO-SDT and SDDO-SOMF methods 
for the sEMG signal saturating the amplifier output. Both methods have high success-
rate for signal discontinuities detection of over eighty percent. However, the 
advantage of SDDO-SDT method can be seen in its smaller false signal 
discontinuities detection rate and significantly shorter delay.  
Table 4.10. SDDO Methods Performance Comparison 
















Table 4.9. SDDO Method Performance. 
















4.8 Summary of Properties 
 
In this chapter, the methods for user intension, state and safety are developed 
for implementation into intuitive, safe and low power HRI. The methods comprise of 
intuitive user intention estimators based on sEMG signals analysed in frequency and 
time domains, the muscle fatigue level estimators based on sEMG signal and sEMG 
signal acquisition safety. The proposed methods have been successfully tested and 
their performance has been verified in the experiments. The novelty of this work lies 
in more in depth study of estimators delay and development of methods which 
delivers information on user intention in real-time. In fact, we can show that the user 
intention and muscle fatigue detection methods work well for few users with no need 
for complex calibration for each of them.  
  The proposed sEMG signal discontinuity detection methods are suited for 
typical sEMG signal acquisition system with passive electrodes. The methods cover 
few data acquisition system scenarios to guarantee safety for variety of applications.  
 All methods presented in this chapter have been developed such that they are 




Chapter 5  




Figure 5.1. Knee Active Assistive Device (KAAD) with user. 1: Upper Link with 
sEMG Signal Processing Unit; 2: Gearhead; 3: DC Brushed Motor; 4: Incremental 
Encoder; 5: Lower Link with Motor Driver; 6: Straps for user to wear. 
 
The proposed assistive device shown in Figure 5.1 was designed as a joint 
level assistive device. In this chapter, we introduce the concept and particular 






The key aspect of wearable robot is its physical interaction with human. There 
are several requirements related to safety, usability and effectiveness of the proposed 
solution.  The general requirements for the proposed assistive device development are 
as follows: 
 The robot-to-user physical interaction should be restricted on the robot 
to ensure non harmful flow of energy between these two entities.  
 The assistive system should be designed cognizant of the limits of the 
human anatomy.  
 The device should be designed with energy efficiency in mind.   
 The human-machine interface must be intuitive and robust.    
 The device power and mass should be optimized  
 The device must have limited power and mass to ensure the safe 
operation with human.  
Based on these general requirements, specific solutions have been proposed 






5.2 Specific Design  
 
Different from load carrying exoskeletons [18, 90], our objective was not to 
transfer the weight of the device and partial weight of the user directly to the ground 
by the structure of the device.  Transferring the weight of a person to the ground may 
not be good especially for elder person. It has been shown that there is a link between 
lack of stress on the bones and the chance of the osteoporosis development of the 
individual [91].  
Assistance with feedback and control at the joint level is selected as an 
appropriate solution to guarantee another important requirement of safety of usage of 
the device for long periods during variety of tasks. Moreover, the system was 
designed so that the wearer is not constrained by it. To prevent a significant influence 
of the device inertia to the dynamics of the user’s motion as well as to match the low 
mass requirements, the mass of the device was optimized on a few levels; mechanical 
structure, electronic components, wiring. 
The KAAD was implemented as a knee joint assistive device with the 
possibility to extend it to multiple assisted joints. This solution was selected to ensure 
expandability and flexibility of the proposed solution. The internal electrical block 
diagram of the device is shown in Figure 5.2. The device consists of two main control 
components. The first is a sEMG signal processing unit used as a HRI and high level 
controller. The second is a DC/AC motor drive connected to the electric actuator 




Figure 5.2. Block Diagrams illustrating system architecture with distributed control 
and signal processing. 
 
5.2.1 Mechanical Design 
The mechanical design of the assistive device for knee joint is a challenge. 
The knee is a complex joint which does not have a fixed pivot point [11].  Thus, the 
single DOF assistive device fixed to leg will introduce restrictions to the normal range 
of movement and can cause an unwanted interaction forces. To resolve this problem, 
we designed the assistive device as a two lightweight links mechanism with rotational 
joint and two additional DOF allowing movement of fixing straps A along the links as 
shown in Figure 5.3. Through this design, the issue of misalignment of centre of 
rotation of the knee joint and assistive device can be overcome. The result of 
squatting motion and self-alignment of rotation axis can be seen in Figure 5.4 where, 
the upper link during squatting motion is sliding up with respect to the thigh fixing 
straps. Additionally, the straps are fixed to the links independently through sliding 
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mechanisms allowing movements (I1, I2, I3, I4) and appropriate alignment of straps on 
the leg for variety of height of users. The movement of each strap is limited by 
limiters located at the ends of both links. The two links carry sEMG signal processing 
unit and DC/AC motor drive unit located on each link. This setup ensures even mass 
distribution and space usage.  
 
 
Figure 5.3. Mechanical structure of KAAD. 1: sEMG signal processing PCB; 2: 
Wires for CAN-BUS and supplying power, 3: Motor Driver PCB; 4: Sliding guides; 





Figure 5.4. Self-alignment of the KAAD during squatting.   
 
5.2.2 Actuation 
The actuator consists of a brushed DC motor Faulhaber 3863A024 and 
planetary gearhead with reduction 66:1.  The motor and the gearhead reduction were 
selected based on two main requirements.  Firstly, the power and velocity 
requirements for flat ground walking, stairs ascending/descending, and squatting task.  
Secondly, the safety of the user should be considered. To ensure safety of the assistive 
device user, the output torque is limited to 10Nm and the gearhead reduction is 
selected such that it ensures back-drivability of the device.   
All the electronic subsystems necessary to control the actuator of the device 
were custom developed to ensure minimal size, weight and energy consumption with 
maximum functionality and flexibility. Figure 5.5 shows the driver developed to 
fulfill the above requirements. The driver is designed to work with DC brushed, DC 
brushless or AC Permanent-Magnet Synchronous Motor (PMSM). The acceptable 
input supply voltage is in range 14V to 32V.  The driver can deliver up to 200W of 
continuous power and up to 6A of continuous current without any heat sinks due to a 
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high efficiency of over 90 %. The control methods implemented on this drive are 
presented in Chapter 6.  
 
Figure 5.5.  Customized AC/DC motor driver. (a) The complete driver ready for usage 
and (b) the power electronics PCB (top) and microprocessor based controller 
(bottom). 
 
5.2.3 Signal processing Unit 
The Human-Machine interface (HMI) is designed as an independent unit. 
Figure 5.6 shows the architecture of the device. The HRI is designed to cooperate 
with two sEMG signal pre-amplifiers. The signal from the pre-amplifiers is further 
amplified by low noise amplifiers working in low-pass filter configuration with 1 kHz 
cut-off frequency. The signal from the amplifiers is delivered to the analog-to-digital 
converter built into the microcontroller. The analog inputs of the microcontroller are 
connected not only to EMG signal amplifiers but also to 3-Axis MEMS accelerometer 
(MMA7260). The accelerometer can be used to measure the kinematics of the 
assistive device and to improve the quality of information on user motion and 




Figure 5.6. Block diagram illustrating architecture of HMI.  
 
It allows for the selection among 4 sensitivities: 1.5g, 2g, 4g, 6g, which makes it very 
useful for the proposed HRI.  Microcontroller STM32F103 with 32-bit AMR Cortex 
M-3 core is selected as the microcontroller for this HRI. The choice of this 
microcontroller was dictated by its high computational power, low power 
consumption and broad range of peripherals which are suited for this application. The 
STM32F103 can work with a core frequency of up to 72MHz. With this clocking 
frequency, it consumes less than 120mW. Moreover, it is equipped with a fast 12-bit 
analog to digital converter with multiplexed inputs and set of communication 
interfaces useful for wearable robot application, e.g., USART, CAN-BUS, SPI, etc.  
The signal processing methods implemented in this microcontroller were presented in 
Chapter 4. Table 5.1 presents the implementation details on optimized functions 
required by HRI with the total power consumption by microcontroller. Column 1 
presents the microcontroller core clocking frequency. Column 2 shows execution 
timings of complex radix 4, 16 bit FFT optimized for ARM cortex core. Column 3 
presents timings for 4
th
 order IIR filter with 16 bit coefficient resolution. The last 
column introduces total power consumption for microcontroller for given core 




The HRI that has been developed (as shown in Figure 5.7) is designed to work 
with supply voltage ranging from 14V to 32V.  The device is equipped with all the 
necessary safety features required by devices tightly coupled to human skin.  The 
input power and communication interfaces are galvanically isolated from sEMG 
signal input with 2KV isolation barrier (Figure 5.6). In addition to the safety 
requirements, the device is designed such that its footprint, weight and power 
consumption are minimized according to portable assistive device requirements.  
 
Figure 5.7. Top (left) and Bottom (right) layers of custom designed HMI Printed 
Circuit Board. 1:DC-DC Buck Converter; 2: CAN-BUS Driver; 3: DC-DC Converter 
with galvanic isolation; 4:3-axis Accelerometer; 5: Low Noise Operational Amplifier 
; 6: Connector for Power and CAN-BUS communication; 7: CAN-BUS interface; 8: 
RS-232 Interface; 9: Hole to mount PCB; 10: RS-232 Line Driver; 11: Digital 
isolation device; 12: Microcontroller; 13: Hole to mount PCB;14: Input for sEMG 
signals; 
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5.2.4 Communication Interface 
The proposed assistive device architecture may use information from many 
groups of muscles and/or kinematic sensors to control one or multiple joints. One 
input signal may also be used for the control of more than one actuator (Figure 5.2). 
This decentralized structure of the device requires a robust and fast data exchange 
between the components of the system. To obtain a reliable and lightweight device, 
the link connecting nodes (subsystems) cannot be too complex and consist of too 
many wires. Therefore, it must be of a serial interface type. Among popular serial 
interfaces used in industrial, military and commercial applications, the CAN-BUS 
interface seems to be the most suited for assistive device with a proposed 
decentralized structure. In addition to CAN-BUS selected for internal communication 
with the device, the RS-232 has been selected as an external communication interface. 
The interface is designed to transfer settings and operational data to and from the PC. 
The RS-232 has been selected due to its high popularity and interface availability in 
computers.  
 
5.3 Communication Protocol 
 
This section presents a concept, implementation and results of communication 
interface and protocol implementation for robotic assistive device with distributed 
control system [92]. The main goal of this development is to provide safe and reliable 




5.3.1 CAN-BUS based Protocol Design  
Controller-Area Network (CAN-BUS) is a standard designed to allow 
different types of devices to communicate with each other without a host computer. 
The CAN-BUS interface was officially developed and released in 1986 by Robert 
Bosch GmbH [93]. In CAN-BUS, hardware can handle transmissions with baud rates 
up to 1Mbit/s with bus length up to 25 m and it takes care of bus synchronization, 
prioritization of access of the nodes and safety of transmission e.g., errors detection. 
The CAN protocol does not need address of node or subscriber like how it is required 
in conventional master-slave or peer-to-peer transmission. Instead, it broadcasts a 
message to all connected nodes and the message has an identifier that ensures its 
delivery to the appropriate node(s). Through this setup of transmission, every node 
can decide based on the ID of the message whether the message contains useful data.  
During the transmission the CAN-BUS interface can be in one of two states, 
Recessive – logical 1 or Dominant – logical 0. The automatic arbitration-free data 
transmission in CAN-BUS is done by a logical AND operation on the bus between the 
senders. If one node transmits a dominant bit and any other node or nodes are trying 
to transmit a recessive bit then the node with dominant bit “wins” and take control of 
the current frame transmission. This feature of CAN-BUS has been used in standard 
protocols like DeviceNet [94] or CANOPEN [95], allowing efficient exchange of data 
in variety of systems. However, most standard protocols are not optimal for usage in 
assistive device. The universality of these protocols results in transmission of 
additional non-essential data and non-optimized data structures from assistive device 
perspective via communication bus. Thus, we have proposed a new protocol 
developed especially for assistive device with the ID of the message employed as a 
field for high level protocol arbitration. Using arbitration field (Figure 5.8), reliable 
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and real-time message scheduling is done. In the case of proposed structure of 
assistive device, an 11-bit identifier is sufficient to manage the exchange of data 
within the device.  
 
 
Figure 5.8. CAN-BUS Frame 
 
The identifier structure is shown in Figure 5.9 and arbitration-free physical 
layer mechanism allows messages to be scheduled according to priority and the 
meaning of the messages.  
 
Figure 5.9. Identifier Structure 
In the proposed messaging organization, there are three fields corresponding 
to Type of Message sent to the nodes Table 5.2, Type of Information Table 5.3 and 
Source Address of the Information Table 5.4. With this structure of the ID of the 
message, all components of the system will know the source and meaning of the 
information. In addition, the scheduling of the information on the bus is done 
automatically by the hardware layer of CAN-BUS. The frames with “Debug” type of 
the message in ID have the highest priorities and they are broadcasted first. This type 
of message is used for parameters acquisition by the host computer during tests on the 
device. Next priority level pertains to “Request” which may be sent by any node(s) to 
ask for additional information from other nodes e.g., whenever the system is dealing 
with any exceptional situation and some messages have not been delivered. The 
lowest priorities have “Standard” type of information used for regular 
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communication. Furthermore, the type of information has influence on priority of the 
message. The most important information with the highest priority is Torque 
information and the device Status. This information is sent by EMG processing units 
to the motor drive to produce the intended level of assistive torque. Status is sent by 
any nodes of the system and may have one of the following states: Stopped, 
Everything OK and External Error Detected. External Error Detected status is 
providing information to other nodes that the sender node is not capable to execute 
given task because of some external problems e.g., lack of appropriate connection of 
sEMG surface electrodes to user skin or lack of connection to motor. Stopped state is 
used for calibration of the device in which the control of the device is taken over by 
host computer. Other following types of information have lower priorities and are 








Table 5.4. Source Address. 
Hex Bin Source Address 
0x01 0001 Right Thigh EMG + 3 Axis Accelerometer 
0x02 0010 Right Knee Drive + 3 Axis Accelerometer
 
0x03 0011 Right Hip EMG + 3 Axis Accelerometer 
0x04 0100
 
Right Hip Drive + 3 Axis Accelerometer 
0x05 0101 Left Thigh EMG + 3 Axis Accelerometer 
0x06 0110 Left Knee Drive + 3 Axis Accelerometer 
0x07 0111 Left Hip EMG + 3 Axis Accelerometer 
0x08 1000 Left Hip Drive + 3 Axis Accelerometer 
 
 
Table 5.2. Types Of Message. 
Hex Bin Type 
0x01 001 Debug 
0x02 010 Request
 
0x04 100 Standard 
 
Table 5.3. Type Of Information. 
Hex Bin Type 
0x01 0001 Torque + Status 
0x02 0010 Torque + 3 Axis Acceleration + Status
 
0x03 0011 3 Axis Acceleration+ Status 
0x04 0100
 






5.3.2 Experimental Results 
Two sets of experiments have been conducted to show the performance of 
proposed communication protocol. The first set shown on Figure 5.10 is collected 
from the hardware device with one EMG signal processing unit and one motor drive 
connected to CAN-BUS.  This is representative of a single joint assistive device 
configuration. The EMG processing unit sends information on Torque, Acceleration 
and Status every 2ms.  The Motor Drives sends Standard Angular position, speed, 
status and information on acceleration and status every 2ms. It can be seen that with 2 
nodes and the given frequency of exchange of data between the nodes, the bus is not 
significantly occupied, only 14.2% of the period. The second set of results shown on 
Figure 5.11 is collected from hardware device with three subsets consisting of EMG 
signal processing units and Motor Drives, representing three actuated joints. All 
devices are sending the same type of messages and with the same periods as in 
previous case. The result shows significant increase in traffic on the CAN-BUS. 
However, even with 6 nodes the bus is occupied only 46.2% of the period enabling 
safe and reliable transmission. Figure 5.12 shows distribution of gaps between 
messages for 100 million messages. As can be seen, most distribution of the messages 
is done with gaps between 0.85ms and 0.93ms and none of the messages exceed the 
scheduled timing of 2ms. Figure 5.13 presents the same experiment done for system 
with 6 nodes and collected data for 200 million messages. The bus is more occupied 
but the distribution of messages done by scheduler still ensures three important 
aspects. It ensures the maximum possible length of gaps between the messages, the 
appropriate message scheduling according to the significance of the message and that 
messages do not exceed timing of 2ms for a single message transmission period. The 
results show the performance of the proposed communication protocol and its 
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effectiveness for data exchange in single joint assistive device and multi joint lower 
extremities exoskeleton systems. The preliminary trials on the device with the 
proposed architecture and data exchange protocol demonstrated safe and reliable 
operation of the device. The proposed communication protocol is unique and suited 
for a variety of assistive devices.  
 
Figure 5.10. CAN-BUS utilization for system with two nodes.  
 
 
















The safety in proposed device is ensured on three levels. The first is based on 
the mechanical design in which we have limited the range of motion of the rotational 
joint to closely match the human anatomy so that it covers knee flexion from 0 to 
almost 120. In addition, we have selected the back-drivable drive with a safe limit of 
the output torque. To ensure safe and comfortable attachment points to the human 
limb, we have selected flexible straps with large width to distribute interaction forces 
on a large skin area. The second level of safety is on the electronic systems design. 
Employment of surface electromyography as a robot control interface requires careful 
design and electrical separation of components directly attached to the human skin 
from other sub-systems of the device. Thus, we have incorporated galvanic isolation 
for power source and data transmission in our HRI. Moreover, the architecture of the 
device ensures that failure of a single electronic sub-system e.g., HRI, Motor driver 
will not cause the harm to the user due to decentralized control approach with all 
subsystems equipped with specific safety features. The last is achieved through the 
full customization of control systems allowing implementation of low level control 
with customized safety features. 
 
5.5 Summary  
 
In this chapter, the hardware development and communication protocols have 
been introduced. The general requirements for assistive device development presented 
in the first section of this chapter led to particular solutions developed for the 
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mechanical and electronic components of the system and its decentralized 
architecture. The reported solutions and the development process were focusing not 
only on energy efficiency and the device functionality but also on user safety with its 
implementation on several levels. The presented hardware implementation 
incorporates the mechanical structure design, electronic design and communication 
protocol design with experimental results. All these components together create a 




Chapter 6  
Assistive Device Power Analysis 
 
In this chapter a novel energy efficient control method of active assistive 
devices with DC motors as actuators is developed. It should significantly extend the 
duration of operation of the device for a given power source. The proposed method 
incorporates mechanisms for active energy harvesting from the user's actions. The 
method employs the idea of varying the mode of operation of the DC motor driver 
based on the intended torque estimation of the user and the information from the 
user’s kinematics. 
 
6.1 Energy Efficient Control and Theoretical Model  
 
We propose an idea for significant improvement of the assistive device energy 
efficiency through the energy harvesting from the movements of the human [96, 97]. 
The energy can be extensively harvested by the assistive device during reduction of 
the potential energy of the body (e.g., sitting down, stairs descending, lowering heavy 
object) as well as during reduction of the kinetic energy of the limbs (e.g., braking 
action of the leg muscles during the last phase of the leg swing) as shown in  
Chapter 3.  
The block diagram presenting the control architecture of a single joint in 
assistive device is shown in Figure 6.1. The system comprises of an actuator with a 
geared permanent magnet brushed DC motor with a position sensor and integrator to 
calculate the motor speed. It also has a full bridge DC motor driver to control the 
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current flowing through the motor; a mode of operation controller; DC link voltage 




Figure 6.1. Block diagram of the Assistive Device control. 
 
The reference torque value is delivered to the Mode of Operation Controller 
(MOC) and to the motor driver with additional gain. This gain of the assistive device 
provides assistance with varying gain dependent on the mode of operation and state of 
the system. The measurement of the DC link voltage (Vbus) supplying energy to the 
motor driver is provided to the MOC for selection between the harvesting and 
supplying of energy to the drive. The MOC is operating based on the information on 
the motor speed and the required torque. The control of the mode of operation is done 

































Q  (6.1) 
For regions one and three the motor works always in motoring mode and the 
energy is transferred from the power source to the motor, for regions two and four the 
motor can harvest or transfer the energy from/to the human. The knowledge on the 
quadrant of operation is not sufficient to control appropriately the output torque from 
the motor during energy harvesting. Thus, to resolve this issue we have introduced 
three regions of the drive operation correlated with four quadrants of motor operation.  
 
Figure 6.2. Four quadrants of motor operation with three control regions (A, B, C).  
 
Figure 6.2 shows the regions (A, B, C) of driver operation for the DC motor 
based on the speed/torque relationship. In region A, the DC motor functions as a 
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motor. In region B, the motor operates as a generator. Due to the existence of the 
resistances of the switching elements, the wires connecting motor to the drive; and the 
voltage drop across other components of the driver e.g., diodes, region B is not 
covering the second and fourth quadrant of motor operation fully. Moreover, it is not 
possible to have a crisp line that partitions the regenerating region B and motoring 
region A.   
Hence, we define a region C in which the DC motor can be in motoring or 
regenerating mode. The line l in C region represents theoretical line of separation 
between motoring and regenerating modes based on brushed DC motor model 
[Appendix B] and is represented by 
 
    




Where ki and k are the motor torque and speed constants respectively and Ra is 





Figure 6.3. Transition between the regions of the drive operation.  
 
During the control of the assistive device,  the mode of operation for the drive 
is selected as follows; whenever the user’s intended torque and the motor speed 
allocate the Point of Operation (PoO) to be in first quadrant - point 0 in Figure 6.3, the 
gain of the torque reference signal is kept at given level to ensure sufficient 
assistance. After the PoO transitions to point 1 the driver still operates in region A and 
the energy is delivered from the power source to the motor. The transition of PoO to 
point 2 changes the region of operation from A to C and does not influence the gain of 
the torque reference. During the transition of PoO from point 2 to 3, the control region 
of operation is switched to B. In addition, to maximize the harvested energy and 
increase the assistance level concurrently the gain of the system is increased to a 
higher gain level. The gain is capped by the maximum permissible gain which ensures 
that the drive operates in region B, or, the preset gain for the regenerative mode 
(maximum allowable support gain), whichever value is lower.  That is, the gain is set 
to the maximum admissible value. However, it should be equal to or greater than the 
preset gain for the other regions of operation. With this new gain the assistive device 
 113 
 
is reaching torque level 3’ instead of 3 which ensures increase in user support level 
and value of harvested power.  
 
       
 
     
                 
 
 
The controller, due to the limited gain is not increasing the assistance level 
further even if the motor speed increases and allows for higher torque value to be 
reached as shown for PoO 4’. The above presented control scheme for the first and the 
second quarter of motor operation is applicable to the third and the fourth quarter as 
mirror reflection about  and  axis.  
The minimal setup of the assistive device includes the power source with 
controller, the DC link with capacitor and one joint drive. This configuration allows 
the flow of energy from the power source to the drive through the DC link as well as 
from the drive to the DC link and the power source. If there are more than one 
assistive joint, the flow of energy is done not only between the drives and the power 





Figure 6.4. Limits in power and efficiency.   
 
The efficiency  of the assistive device with the proposed control method is 
limited by a few factors. The motor speed is limiting the torque and power during 
energy harvesting (Equation (6.2)) such that high ratio Rn of the motoring power 
(control region A) to the harvested power (control region B) cannot be realized. With 
the increase in motor speed for a given motor power Pm higher efficiency can be 
achieved (1>2>3>4) due to the increase in power harvested from the human. 
However, the power harvested from human is limited by the amount of energy 
available from the loss of potential or kinetic energy of the human body. Thus, when 
the motor power increases beyond line Q the assistance level during energy harvesting 
mode must be decreased to ensure that the device is not working against the human. 
In addition, the maximum power which can be harvested from the human is limited 




Low level control  
 
 
Figure 6.5. Typical setup of drive with DC motor. 
 
The typical setup of the drive with permanent magnet brushed DC motor 
which allows operating in the manner presented above is shown in Figure 6.5. The 
motor is driven by a full bridge converter. The converter consists of four active 
switching elements (e.g., MOSFET, IGBT or Bipolar transistors) and four “passive” 
switching elements (e.g., Schottky diodes). This type of converter allows the motor to 
work in two directions, namely “clockwise” in which the Back Electromotive Force 
(BEMF) is directed as shown in Figure 6.5 and “counter-clockwise” in which the 
BEMF is directed in opposite direction. It also allows the motor to operate in two 
different modes: motoring and generator. For simplifying the explanation in this 




Figure 6.6. Waveform of the output voltage and current from motor driver during 
typical current control operation. 
 
The most popular method of the DC motor control utilizing H-bridge is 
presented below. To control the current of the motor in the clockwise direction, the 
switch S4 stays on and the switch S1 is controlled using pulse-width modulation 
(PWM). The other two switches (S3 and S2) are kept open. During the on-time for S1 
(Figure 6.6), the motor current im increases [98] and current flows from the DC link to 
the motor through S1 and S4.  
 
    
 
  
                         (6.3) 
 
The amplitude of change of the current is a function of motor parameters e.g., 
motor inductance Lm and the PWM signal where frequency fPWM  and the duty cycle D 





              
  
   




When S1 is turned off, the motor current will continue to flow through S4 and 
D2 and its value decreases.  
 
    
 
  
                   (6.5) 
 
In the next cycle, the process is repeated with the newly calculated duty cycle 
value of the PWM signal to achieve reference value for the current (torque) of the 
motor. If the new PWM signal value changes its sign due to the high current flowing 
through the motor, the new PWM signal is used to control S3, whereas switch S2 is 
switched on and the other two switches (S1 and S4) are kept open.  During the on-
time for S3, the motor current from the previous cycle will decrease faster due to the 
negative sign of the input voltage (VDCBUS) and BEMF. 
 
    
 
  
                          (6.6) 
 
While the current is decreasing, the energy is fed back to the DC link. During 
the off-time for S3 the motor current continues to flow through S2 and D4, and its 
value decreases further (Equation (6.5)). After the current drop below the reference 
value the PWM signal has positive sign again and the further control is done again 




Figure 6.7 Waveform of output voltage and current from motor driver during typical 
current control operation with reversed BEMF. 
 
The problem with the control approach appears when the BEMF is changing 
direction (when the motor is working in the region B). In this case, if the PWM signal 
is connected to S1, S4 is on and two other switches are open, the control of tON  is 
always resulting in the increase of current (Figure 6.7) as follows,  
 
     
 
  
                         (6.7) 
 
Thus, the controller has to switch the sign of the PWM signal and continue 
working with the PWM signal used to control S3, switch S2 switched on and the other 
two switches (S1 and S4) kept open. This operation results in releasing energy stored 
in the motor magnetic field and, the current flows from the motor to the DC link 
hence, the fast drop in the current value.  
The same control approach is used for the current control in clockwise 
direction with replacing the switch numbers between S1 and S2, and S3 and S4.  
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The control method presented above is not optimal for use in assistive devices. 
The energy flow for some cycles is done in two directions from the DC link to the 
motor and from the motor to the DC link even if the motor is outputting energy on the 
average for a single cycle. This causes high current ripples and significant losses in 
the drive and decreases the overall efficiency of the assistive device. Moreover, 
during the braking action when the energy harvesting is possible, significant amount 
of the energy is dissipated across freewheeling circuit (switch S2 and diode D4 or 
switch S4 and diode D2). 
  Another method of the low level motor control is to use the full bridge 
converter only as a Buck-converter (First-Quadrant Chopper) [98, 99] with minor 
modifications in regions A and C, and employ Boost-converter (Second-Quadrant 
Chopper) [98, 100, 101] with minor modifications in region B.  
When applying the Buck-converter method in control region A, the motor 
current can be fully controlled only during the motoring action when the energy is 
transferred from the assistive device to the human body. To control the current of 
motor in the clockwise direction, the switch S4 stays on, switch S3 stays off and 
switches S1 is controlled using the PWM signal. In addition, to minimize the losses in 
free-willing circuit (BEMF, S4, D2, S2) switch S2 is controlled using complementary 
PWM signal. During the on-time for S1, switch S2 stays off and the motor current 
increases (Equation (6.3)). During the off-time for S1, S2 is on and the motor current 
continues to flow through S4 and S2. The current value decreases in this case 
according to Equation (6.4). In the next cycle, the process is repeated with newly 
calculated duty cycle value of the PWM signal to maintain the average current of the 
motor at the preset level. The PWM signal cannot change sign and the range of PWM 
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signal duty cycle and the motor current can be controlled using the following 
equation.  
 
   
          
      
 (6.8) 
 
Whenever the direction of the reference current changes, the controller 
modifies the setup of the switching signals such that, operation of switches S1, S2 is 
exchanged with operation of S3, S4 respectively.  
 
Figure 6.8. Waveform of output voltage and current from motor driver during current 
control with the Boost converter approach. 
 
 To control the motor current for those scenarios when the assistive device 
carries out regenerative action, the full bridge converter works as a Boost converter. 
The motor works as a source of energy and the DC link acts as a load. To control the 
motor current in this mode for clockwise direction, switch S4 stays on, switch S3 
stays off and switches S1 and S2 are controlled using the PWM and complimentary 
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PWM signals respectively. In the first phase, the switch S2 is turned on and the switch 
S1 stays off. The BEMF of the motor causes the increase of the amplitude of the 
current in the closed circuit consisting of S2, S4 and the motor (Figure 6.8). However, 
in this case the current flow is in the direction of BEMF. Thus, the output torque is 
negative and motor is operating in fourth quadrant. In next phase, switch S2 is turned 
off and switch S1 is turned on, this is when the energy stored in the motor windings is 
released to the DC link and to the primary power source. In this phase the current is 
decreasing and must be continuously controlled to ensure that it will not change 
direction. The switch S1 is turned off when the current value reaches 0 or the PWM 
cycle has ended. Through this operation, the flow of energy is unidirectional and the 
losses on passive and active switching elements are minimal.  
 
Figure 6.9. Waveforms of current and voltage in a boost converter operating in 
discontinuous mode.  
 
In the harvesting energy mode the driver may easily go into discontinuous 
mode of conduction (Figure 6.9) due to small motor speed resulting in significant 
difference between the primary power source voltage and the BEMF. The current 
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starts from zero at the beginning of every cycle. The peak current Im,max is governed 
by following equations.  
 
       




During the off period for S2 (S1 on) current falls to zero at the time ton+t. 
 
       
                
 
   (6.10) 
 
Using the Equations (6.9) and (6.10) the t is calculated, 
 
    
            
           
 (6.11) 
 
The average current during time t+t, 
 
    
     
 
 (6.12) 
and the RMS current reflecting the motor torque during the period T is, 
  
      







After combining the Equations (6.9), (6.11), (6.12) and (6.13) we obtain the final 
equation for RMS current. 
 
 
     
                
          
           






The above analysis is only approximating the behavior of the drive and does 
not account for power losses. The detailed power losses analysis for boost converter 
and back converter with MOSFETs and Diodes used as switching components can be 
complex and is directly correlated with the type and the parameters of selected power 
electronics components [99-102]. Moreover, the efficiency of power electronics 
components used in the driver is significantly higher than the motor and the 
transmission efficiency. Thus, in our analysis and approximation of the system losses 
the simplified models of the losses are used.  
The losses on the motor armature winding are function of the motor current Im and the 
armature resistance Ra. 
  
          
     (6.15) 
 
The losses on transmission Ptloss is assumed to be proportional to the transmitted 
power Pt with given transmission efficiency t.  
 




The drive losses we approximate by the following equations.  
  
                  
   (6.17) 
 
Pdloss1 are the losses of the drive during operation in region A with experimentally 
selected 
  
 parameter.  
 
 
Ptloss3 are the losses of the drive during operation in region B in which the drive is 
boosting the BEMF to the VDCBUS level. The BEMF is used as a source of energy and 
its voltage magnitude is a function of motor speed . Thus, this speed is included in 
Equation (6.18) with experimentally selected 
  
 and    .  
6.2 Regenerative Assistance to Knee Joint 
 
The method of energy efficient control presented above has been implemented 
into the assistive device presented in the Chapter 5. The results of experiments for two 
different high level control approaches are presented in this section to verify the 
feasibility and the effectiveness of proposed energy efficient control. All the 
experiments were conducted on one volunteer (aged 32 years old, weight of 75kg, 
height of 1.75m). 
         (    )    
                   (6.18) 
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6.2.1 Control scheme based on Kinematics  
The proposed control scheme based on wearable robot kinematics is suited 
only for some selected tasks (squatting, stairs descend). It has been proposed, to test 
the effectiveness and the usability of proposed energy efficient control with three 
regions of operation.  
The reference torque fed to the controller is designed such that the assistive 
device is constantly supporting the user against the gravity with preset torque value 
for region A. Whenever the velocity and BEMF are changing direction and allowing 
the device to increase the support gain. The gain is increased to a higher value 




The experiments are conducted with the torque value set to around 2Nm and 
the gains of the system in region B are set to reach significantly higher support ratio 
with the torque gain k set to 1.5, 2 and 3. The objective of these experiments is to test 
the variable gain and its influence on energy efficiency and the user experience. The 
measurement of the parameters (current and voltage) and the power calculation are 
done at the motor input side.  
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Figure 6.10. Results from the stair decent experiment. 
 
The experiments results for stair descent are shown in Figure 6.10. During the 
transition period between stance and swing phase the knee angle flexes decreasing the 
gap between the foot and the next step. This process results in the loss of the potential 
energy of the human and allows harvesting the energy from the limb motion. In this 
phase of motion the supporting torque is increasing and the power of the motor has 
negative value allowing the transfer of the energy from the motor to the assistive 
device driver. The peak power can be observed during half of the flexion motion 
when the supporting torque is reaching its maximum value. The energy harvesting is 
finished when leg shifts from support to swing phase around 0.75s. In this phase the 
energy is transferred only to the motor allowing additional support with smaller gain. 
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For all three experiments significant amount of energy has been harvested. The 
increase in the gain shows significant difference in supporting torque magnitude. 
However, it does not always allow a higher amount of energy to be harvested. The 
significant difference in the energy consumption is visible only between the gain 1, 
1.5 and gain 2. The total energy consumed by the motor is about 0.5 W smaller than 
with the case of highest gain. The lack of significant difference between the energy 
consumption for gain 1 and gain 1.5 is related to the differences in knee trajectory 
which can be seen on the knee angle graph (Figure 6.10).   
The next set of experiment was conducted with the squatting task. The 
experiments results for this set of experiments are shown in Figure 6.11. The 
squatting task starts from knee flexed position with the angle around 110 for all 
experiments. During the knee extension the device is working in region A, providing 
assistance with constant torque and without energy harvesting. In this phase the power 
has a positive sign and the energy is rising until the beginning of the squatting down 
phase when the knee joint starts flexing. For knee flexion, the body weight has to be 
supported against gravity with concurrent motion into the gravity direction. This 
results in upper body potential energy loss. Thus, in this phase of motion the assistive 
device is switched to work in control region B. The torque is increased and allows for 
higher support reaching around 6 Nm, 4.5 Nm and 3 Nm peak value for gains 3, 2 and 
1.5 respectively. During this phase the power has negative values and the total energy 
consumed by the device is decreasing until the end of the squatting cycle. The total 
power consumption is significantly different for three given gains. Higher gain results 
in smaller energy consumed by the assistive device with possible negative energy of 






Figure 6.11. Results from the squatting experiment. 
 
The results from the last experiment conducted with predefined torque value 
are presented in Figure 6.12. The experiment is conducted with the gain value of 3. At 
the beginning of the cycle, the leg is in support phase with the knee fully extended. 
During transition from stance phase to swing phase the knee joint flexes to around -
40. In this phase the assistive device is operating in control region B with greater 
supporting torque. Through the duration of this phase the power is negative and 
energy is harvested. During swing phase the assistive device operates in control 
region A and C transferring energy from the power source to the motor. At the end of 
swing phase, the knee joint starts braking and preparing for heel impact to the ground 
allowing the assistive device to switch again to the energy harvesting mode. The 
power during swing phase is positive until knee braking action spikes into negative 
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region for a short duration. The energy first falls to -0.7W for the support phase and 
further rises to 0.2W at the end of the walking gait cycle. The energy consumption 
with the given support ratio is small. However, the gait cycle does not end with 




Figure 6.12. Results from the walking experiment. 
 
6.2.2 Control scheme based on sEMG 
The proposed control scheme based on the wearable robot kinematics is 
limited and does not always provide assistance according to the user’s intention for 
arbitrary tasks. Thus, we propose to use sEMG signals with methods proposed for 
user intention estimation from Chapter 4 for intuitive control of the assistive device. 
The torque estimation, sEMG is employed as an input signal to the assistive device 
controller (Figure 6.1). The reference torque fed to the controller has constant support 
gain in control region A. Whenever, the device can harvest energy the input torque 
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signal is increased to a higher value allowing concurrent increase in the energy 




The experiment results for stair descent are shown in Figure 6.13. During the 
first phase of motion the knee angle flexes decreasing the gap between the foot and 
the next stair step. This process results in the loss of the potential energy of the human 
and allows harvesting of the energy from the limb motion. In this phase of motion, the 
supporting torque is increasing and the power of the motor and the device have 
negative value allowing transfer of the energy from the motor to the assistive device 
power source. The peak of the harvested power can be observed at about half of the 
flexion motion when the supporting torque is reaching its maximum value. The 
energy harvesting is finished when leg shifts from support to swing phase around 
0.7s. In this phase the energy is transferred in both directions. For the first 0.1s, the 
limb motion is fully passive until the muscles starts contracting and preparing for the 
heel impact to the ground. During this phase, the power of the motor is positive and 
the energy is constantly delivered to the human. The swing phase is ending with limb 
braking motion allowing the assistive device to further harvest the energy. One could 
notice that the power of the device is following the power of the motor with a slight 
delay and smaller rates of change. This behavior is anticipated due to the capacitor 
presence in the DC BUS. With the selected gains for the system, the total energy of 
the single cycle is negative for the motor and for the device. Therefore, the device is 
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capable to support the user and work with over 100% efficiency allowing the transfer 
of over 2W of energy to the power source of the assistive device. Comparing the 
result of the device energy consumption for proposed energy efficient control method 
to the same device without energy harvesting capabilities, it can be seen that for 
single stair descent cycle, the energy efficient device consumed less energy by over 
4.4Ws. For this given task the improvement in energy efficiency is 223% and 
calculated using the formula,  
 
             
                       
             
 (6.19) 
 
Where,              is the energy consumed by non-efficient device and          
is the energy consumed by efficient device at the end of a given task cycle.  
The next experiment was conducted with the squatting task (Figure 6.14). The 
squatting task starts from knee flexion. During this first phase of motion, the device is 
working in region B, providing assistance and harvesting energy at the same time. In 
this phase, the power of the motor has negative sign and its magnitude along with the 
supporting torque magnitude is rising until around half of the knee flexion period. The 
peak supporting torque reaches around 7Nm with peak power of over -10W. The 
energy is further harvested until the transition between knee flexion and extension. 
During knee extension phase due to significant support requirement for human upper 
body lifting, the power with the energy consumption rises extensively resulting in 
positive energy value of the motor and the device at the end of the cycle. In this task 
extensive energy harvesting was done, however the amount of harvested energy was 
not sufficient to cover the energy consumption by the device. Comparing the result of 
the energy consumed by the device with applied energy efficient control method to 
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the same device without energy harvesting capabilities for single cycle can be seen 
that energy efficient device consumed less energy by over 4.6Ws and 36.1% 





Figure 6.13. Results from stair descent experiment with sEMG signal employed for 






Figure 6.14. Results from squatting experiment with sEMG signal employed for 
assistive device control. 
 
The last experiment is conducted with flat ground walking. The results of this 
experiment are presented in Figure 6.15. The experiment starts from assistive device 
leg stance phase. During transition between the stance and swing phase the knee 
flexes and concurrently provides support for body. This results in energy harvesting 
which can be seen in the motor and device power. In this phase of motion the torque 
reaches over 5Nm. However, the power magnitude is close to 0 due to small motor 
speed. The phase transition period ends with transition in motor power from negative 
to positive around 0.7 s. During swing phase the assistive device is operating in 
control regions A and C. This motoring mode ends at the end of walking gait cycle 
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around 1.2s. The energy harvested during this walking gait cycle is significantly 
smaller than the energy fed into the assistive device from the power source. Thus, the 
end of this walking gait cycle shows positive motor and device energy. Comparing the 
result of the energy consumed by the device with energy efficient control to the same 
device without energy harvesting capabilities for single gait cycle, the energy efficient 
device consumed less energy by about 0.5Ws resulting in 14.8% improvement in 
energy efficiency calculated using Equation (6.19).  
 
 
Figure 6.15. Results from walking experiment with sEMG signal employed for 




6.3 Power Analysis Conclusion 
 
In this chapter, we have proposed a novel energy efficient control method. 
This method improves the energy efficiency of the assistive device through energy 
harvesting from human motion during negative work performed by muscles. The 
method is implemented into the knee assistive device and proven to work 
experimentally. The experiments were conducted for the most common daily 
activities which incorporate the loss of potential or kinetic energy. The results of tests 
conducted with human proved that the proposed method is capable to harvest the 
energy from human motion with concurrent support provided to the user. For some 
tasks and support gains, the assistive device can harvest more energy than it consumes 
and supply energy to the assistive device power source for further usage. Through the 
energy harvesting, the energy efficiency of the device is significantly increased. For 
some tasks, the amount of harvested energy at the end of the cycle will be greater than 
from the energy consumed by the device. Thus, the energy efficiency of the assistive 




Chapter 7  
Conclusion 
 
This thesis investigated methods and hardware of energy efficient active 
assistive device. Its contribution consists of the development of methods for human 
intention recognition and state analysis based on sEMG signals and hardware 
development with energy efficient control methods for the Knee Active Assistive 
Device (KAAD). The KAAD with improved energy efficiency and intuitive HRI 
capable to estimate user’s intention and state were developed based on human body 
studies. Finally, the KAAD and HRI were systematically tested on healthy volunteers 
in laboratory environment under a variety of conditions.  
7.1 Human-Robot Interface 
 
The tight collaboration between the wearable robot and the user requires 
safety and reliability of the HRI. The methods for user intention, state and safety has 
been developed for implementation into an intuitive, safe and low powered HRI. The 
methods comprise of torque estimators based on sEMG signals analysed in frequency 
and time domains, the muscle fatigue level estimators based on sEMG signals and 
methods allowing detection of problems with sEMG signal acquisition. The methods 
proposed for torque estimation are suited for single and multi-muscles operation. 
They allow estimation of the bi-directional (flexion and extension) torque at the joints 
intended by the user. The developed methods are designed such that the estimation is 
leading the torque produced by the wearer’s muscles. This allows the assistive device 
to provide assistance to the user’s effort. The proposed HRI methods also allow the 
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detection of the muscle fatigue level for the wearer. This information may be useful 
for real-time assessment of the wearer’s state and may provide additional safety 
elements to the system by increasing the assistance provided to the user and acts as an 
early warning signal. Another safety feature introduced in this thesis related to the 
HRI safety is the sEMG signal acquisition discontinuities detector. This feature allows 
real-time sEMG electrodes detachment detection which may result in false intention 
and fatigue estimation.  
The proposed solutions are suited for embedded hardware with limited 
computational power. This is important for the implementation of the proposed 
methods in the assistive device which has limited power source.  All the methods 
proposed in this thesis have been successfully tested in experiments with human 
volunteers. In fact, we can show that the user’s intention and muscle fatigue detection 
methods work well for a few users without the need for complex calibration.  
 
7.2 Energy Efficiency 
 
We have proposed a novel energy efficient control method for the assistive 
device which improves energy efficiency through the energy harvesting from the 
movements of the human. In this method, the energy is extensively harvested by the 
assistive device during reduction of the potential energy of the body and reduction of 
the kinetic energy of the limbs. Based on the method requirements (the system has to 
be back-drivable) and the biomechanics of human, the KAAD has been developed. 
The hardware includes mechanical structure of the assistive device with an electrical 
actuator and all electronic components of the system necessary for a stand-alone 
implementation of an assistive device with kinematic and bio-feedbacks. This 
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hardware allows us to implement the proposed control methods including intuitive 
assistive device control based on the sEMG signals and the low level energy efficient 
control. The experiments conducted with KAAD and human have shown that the 
device can provide assistance according to the user intention. The experiments were 
conducted for the most common daily activities, which contain the loss of potential or 
kinetic energy, to test the feasibility of the energy efficient control method. The 
results of these experiments have proven that the proposed method is capable to 
harvest energy from human motion and provides concurrent support to the user. 
Through the energy harvesting, the energy efficiency of the device is significantly 
increased. In some tasks the energy efficiency has been shown to have exceeded 
100%. The proposed ideas for the improvement in assistive device energy efficiency 
are applicable to other assistive devices providing the systems are equipped with DC 




The methods and proposed implementation in the hardware have some 
limitations. The HRI is providing real-time feedback from the user, allowing control 
of the wearable robot. However, due to high signal gain, this interface may be 
affected by signals from the surroundings. The electromagnetic interference may 
cause false detection of the user’s intention and state. Moreover, the skin preparation 
before applying the sEMG electrodes, and its condition during robot usage have 
significant influence on the quality of the acquired sEMG signals. Thus, the quality of 
torque and fatigue estimations can also be affected. The estimators introduced by us 
are limited to maximum voluntary contraction and isometric contractions. For people 
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with some muscular disabilities, such estimators may not work properly. Additionally, 
the proposed HRI is shown to work only with some groups of muscles and may not be 
suited for the intention and state analysis for muscles other than those presented in 
Chapter 4.  
The KAAD hardware was designed such that the output torque and power are 
limited only to a fraction of the human knee torque and power. This limits the 
applications of the device to those which do not require high support level. The device 
attachment straps are not very comfortable in usage and during the device attachment 
and detachment, the assistance of a second person or additional external support for 
the device is required. Moreover, the current device is not equipped with a portable 
power source. Thus, the range of human movement is limited when the device is 
attached to the leg.  
The energy efficient control method can only be implemented for digital 
drives. In addition, it requires in depth knowledge of the motor and drive parameters 
to ensure appropriate current control. The method is limited to back-drivable actuators 
and may be not very effective for drives with high losses at the gear-head. The 
proposed method does not include the control of energy flowing between the driver 
and the device power source. Thus, for scenarios where the device is operating at over 
100% efficiency, the power source connected to the device may be overloaded. In 
addition, the introduced low level control is limited to systems with MOSFET 




7.4 Future Work 
 
Some of the limitations of the KAAD can be addressed through design 
improvement.  The new robot should be designed such that the higher torque can be 
applied by the device. This will ensure that the device has broader field of 
applications. The mechanical design can be implemented using lightweight materials 
e.g., composites with user-friendly leg attachments.  This will result in lighter weight 
and ease of operation for the device.  
The device should be equipped with a portable power source. This would 
further help broaden the application field for the device. With the portable power 
source, the changes into the energy efficient control should be applied. The control 
should incorporate the state of portable power source and vary its operation according 
to it. This is a challenging task due to possible scenario where the power source 
cannot be further charged and the device is still harvesting energy to ensure 
appropriate assistance to the user.  
The HRI can be further improved by developing more reliable solutions for 
data acquisition from the skin. One of the possible solutions to ensure that the skin 
parameters are not influencing the quality of the sEMG signal in a significant way is 
the development of new types of electrodes integrated into clusters consisting of three 
electrodes with customized alignment for a variety of muscles. The new electrodes 
should be designed with special care taken to minimize the influence of 




The user’s intention and state estimators should be further tested on healthy 
and disabled people to provide sufficient test of the HRI effectiveness and reliability 
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S1 1 -2 0.9796 0.0917 
S1 2 12 0.9642 0.1670 
S1 3 -15.2 0.9864 0.0876 
S1 4 5.6 0.9839 0.1024 
S1 5 -11.2 0.9898 0.1300 
S2 1 -7.2 0.9868 0.0613 
S2 2 -0.4 0.9756 0.0748 
S2 3 6 0.9124 0.2641 
S2 4 -7.6 0.9805 0.1514 
S2 5 5.6 0.9797 0.0993 
S3 1 -5.2 0.8916 0.1660 
S3 2 -73.6 0.8517 0.0636 
S3 3 -29.2 0.9207 0.0775 
S3 4 -18 0.9623 0.0848 















S1 1 -3 0.9827 0.0789 
S1 2 -21.4 0.9474 0.1299 
S1 3 -20.8 0.9629 0.1131 
S1 4 -7.8 0.9027 0.1692 
S2 1 -32.2 0.9537 0.1028 
S2 2 -16.8 0.9493 0.2669 
S2 3 -34.8 0.9467 0.2474 
S2 4 -44.2 0.9392 0.3082 
S3 1 -24.8 0.9534 0.1258 
S3 2 -25.2 0.9337 0.1507 
S3 3 -33.8 0.9316 0.1302 






Figure.A1. Equivalent circuit of a Permanent Magnet Brushed DC motor. 
 
The equations for a DC motor for steady state can be written as; 
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         (2) 
           (3) 
 
When VIN shorted and BEMF employed as an energy source,  
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Applying Equation (2) and Equation (3) to Equation (4) we obtain, 
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